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Abstract
This thesis is the result of a PhD study at the University of Surrey in col­
laboration with The Institu te of Cancer Research and Royal Marsden Hospital 
NHS Trust. The objective was to investigate and develop quantitative diffusion- 
weighted MR imaging techniques suitable for abdominal imaging.
Diffusion-weighted imaging is not a new technique. However, until recently 
it has been mainly restricted to the head and extra-cranial diffusion imaging 
is still considered an experimental technique. A possible candidate for extra- 
cranial imaging is the Burst-diffusion technique as it provides geometrically correct 
images free from susceptibility and chemical shift artifacts. In a first clinical study 
promising results were obtained. We showed a clear correlation between the MR 
based apparent diffusion coefficient measured in rectal adenocarcinomas before 
cancer treatm ent and treatm ent outcome. In a more thorough analysis of the 
da ta  based on the IVIM model, it was shown th a t the tum our response is in fact 
linked to the diffusion fraction of the tumour.
The drawbacks of the original sequence used, namely low SNR, uni-directional 
diffusion-weighting and diffusion-weighting th a t depends on the chosen field-of- 
view, are discussed in detail and possible solutions proposed. This led to the 
development of a new type of Burst-diffusion sequence, which was tested with a 
newly developed diffusion-phantom based on aqueous and DMSO-based MnCR- 
solutions in varying concentrations.
The m ajor problem of the new Burst-diffusion sequences, however, was their
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stronger sensitivity to motion. Currently, the fastest MR method is echo-planar 
imaging, with acquisition times in the order of 100 ms per b-value image. In 
EPI, well-known problems make a single-shot approach not feasible for extra- 
cranial imaging. Therefore, multi-shot EPI was investigated for diffusion-weighted 
imaging. These experiments led to the development of 2-shot interleaved steady- 
state GE- and SE-EPI sequences. The technique, however, will require further 
improvement, which was not possible with the hardware given.
The last set of experiments compared the Burst and EPI sequences developed 
during this PhD with the techniques HASTE and PSIF. Experiments were per­
formed on a phantom  and in vivo on the brain and the pelvis. Each sequence 
has its pros and cons over the other techniques, with the HASTE sequence being 
the best option for the hardware used, assuming single-slice acquisition, and the 
particular PSIF sequence used being the least feasible one.
Statem ent
In Chapter 4 a first clinical diffusion study using the in this work discussed 
“original” Burst-diffusion sequence is presented. This study was part of a m ajor 
“m ulti-functional” MR study carried out a t The Institu te of Cancer Research in 
collaboration with Andrzej Dzik-Jurasz and co-workers and the “original” Burst 
pulse sequence was programmed by Jan Wolber.
The ADC analysis of Section 4.1 was published in The Lancet [1], where my 
contribution to the paper was to analyse the Burst-diffusion da ta  to obtain ADC 
maps and to provide the technical background information. Andrzej Dzik-Jurasz 
outlined the tum our on these maps to calculate the mean tum oural ADC value. 
Further contributors to the paper were Anwar Padhani and Gina Brown, who 
measured the changes in tum our size with conventional MRI. In this thesis the 
originally subm itted report as w ritten by Andrzej Dzik-Jurasz is presented in a 
revised form. These modifications were necessary because of new understand­
ing acquired during this PhD. The technical discussion and conclusions have for 
this reason been rewritten completely. Additional figures have been added for 
illustration.
The IVIM analysis discussed in Section 4.2 was carried out a t a later stage 
with the results subm itted to J M R I  [2]. Andrzej Dzik-Jurasz provided for the 
analysis necessary information as to whether the tum ours contained any region of 
high blood volume and outlined these on the ADG maps. W hen this thesis went 
to press the paper was still in review.
Ill
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The original “DG-Burst” sequence was supplied by Simon Doran, but was ex­
tensively modified during the course of this PhD. A forerunner to the segmented 
EPI sequence had been created by Gristina Lavini but modification for and its 
application to diffusion imaging were entirely original work. The HASTE diffu­
sion sequence was developed by Marc Bourgeois, who also modified the Siemens 
standard PSIF sequence for use here. However, the characterisation work and 
subsequent analysis reported here were entirely my own work.
What we observe is not nature itself, 
but nature exposed to our m ethod of questioning.
Werner Heisenberg, 1901 - 1976
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A bbreviations and Sym bols
The following lists contain abbreviations and symbols most frequently used in 
this thesis. It should be noted th a t some specialised notation is only defined in 
the relevant chapter, though.
List of Abbreviations
ADC apparent diffusion coefficient
BW bandwidth
CT X-ray computed tomography
DWI diffusion-weighted imaging
DW-MRI diffusion-weighted MRI
EPI echo-planar imaging
FOV field-of-view
FSE fast spin-echo
GE gradient-echo
ORE gradient-recalled echo
HASTE half-Fourier acquisition single-shot turbo spin-echo
IVIM intra-voxel incoherent motion
MR magnetic resonance
MRI magnetic resonance imaging
MRS magnetic resonance spectroscopy
NMR nuclear magnetic resonance
PEG pulsed field gradient
PGSE pulsed gradient spin-echo
PSIF reversed FISP
SE spin-echo
SNR signal-to-noise ratio
SSFP steady-state free precession
US ultrasound
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List of Symbols
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</»
0ofF
0rot
^trans
P
Gn
«5
r
flip angle
full flip angle {= 7r/2\d/V) 
reduced flip angle (= 7r/2y/2N) 
susceptibility
frequency offset, frequency shift 
main field inhomogeneity
sampling width in k-space in readout direction
sampling width in k-space in phase-encoding direction
pulse duration (Burst)
length of diffusion gradient (for echo)
diffusion gradient separation (for echo)
gyromagnetic ratio, 42.57 MHz
processional frequency
Larmor frequency
Nyquist frequency
phase
phase due to off-resonance effects 
phase due to rotation 
phase due to translation 
proton density
standard deviation (SD) of noise ROI 
measured in magnitude image 
SD of signal ROI measured in magnitude image 
pulse (echo) interspacing in Burst
A(^)
Aoit)
Ap{t)
b, hi
Bo = (0,0, Bz)
B W a c q
BkfpE
BWro
D
D*
des, dcsp 
doD,
f o
fp
G = {Gx, Gy, Gz) =
— (G read ?  G p h a se ; G sH ce)
attenuation factor
attenuation factor due to diffusion
attenuation factor due to pseudo-diffusion
(perfusion)
b-value (for echo)
main magnetic field
acquisition bandwidth
bandwidth per pixel in phase-encoding direction 
bandwidth per pixel in readout direction 
diffusion coefficient
pseudo-diffusion (perfusion) coefficient 
chemical shift, chemical shift per pixel 
geometric distortion, susceptibility artifact 
diffusion tensor 
diffusion fraction 
perfusion fraction
magnetic field gradient
XI
Gacq acquisition gradient (magnitude)
Gd diffusion gradient (magnitude)
Gexc excitation gradient (magnitude)
B read read(out) gradient (magnitude)
Gx read (out) gradient (magnitude)
Gy phase-encoding gradient (magnitude)
Gz slice-selective gradient (magnitude)
k =  {kx,ky,kz) k-space vector, k = j  J G{t)dt,
spatial co-ordinate in k-space 
I echo number (/ = 0 .. N  — 1)
M total magnetisation
Mo equilibrium magnetisation
N  number of pulses in Burst echo train
n number of segments
A acq  number of (image) acquisitions
Nx number of points sampled in readout direction
Ny number of lines acquired in phase-encoding
direction
r = (a;,^,z),
R  = {X, Y, Z) spatial co-ordinate in image space
R\  longitudinal relaxivity
R 2 transverse relaxivity
Ai? 2  “additional” transverse relaxivity
S{h), S{hi) MR image with diffusion-weighting
S'(k)) NMR signal in k-space
S{kx,ky) measured k-space signal (raw data)
S{x,y)  MR image
5q MR image without diffusion-weighting
t time
Tq delay between excitation and acquisition
gradient lobe (Burst)
Ti longitudinal (spin-lattice) relaxation time
T2 transverse (spin-spin) relaxation time
Ta image acquisition time
to  diffusion (measurement) time
Atjj  diffusion time interval
Td delay between acquisition of and excitation of
2nd segment
Te , Te i^ echo time (for echo)
E^S echo spacing in EPI
ipE (total) acquisition time (EPI)
Tr repetition time
%o acquisition time (per echo)
^sample sampling time
X, ÿ, z unitary vectors of laboratory frame of reference
x', y ' , ^  unitary vectors of rotating frame of reference
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Chapter 1
Introduction
1.1 Early Medical N M R  Imaging
The work of this thesis finds its place in the medical field of nuclear magnetic 
resonance (NMR) imaging, in particular in the development and evaluation of 
imaging techniques suitable for diffusion-weighted imaging (DWI) of extra-cranial 
cancers. Therefore, after a brief summary of the historic development of clinical 
NMR the technique of DWI of the abdomen will be made the focal point of 
this discussion, w ithout diminishing the im portance of other aspects of medical 
magnetic resonance (MR) techniques or indeed other areas of NMR.
In 1973 Paul Lauterbur published a m ethod of NMR imaging based on linear 
static magnetic field gradients and the projection reconstruction technique [3] 
which still forms the basis of modern X-ray computed tomography (CT). His 
work was inspired by an article published by D am adian in 1971 [4] describing 
the possibility of tum our detection by means of NMR and experiments carried 
out by Saryan in 1972 [5]. But it was still a long way to  turn  the technique 
from simply a laboratory curiosity into a clinically viable technique. A m ajor 
step towards magnetic resonance (MR) imaging as it is known today was taken 
in the mid-1970’s with the introduction of the “spin-warp” 2D Fourier transform
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(2D-FT) method based on the Fourier imaging techniques introduced by Kumar 
et al. [6] allowing for two-dimensional imaging. Until then work had focused on 
one-dimensional line-scanning [7, 8].
When clinical trials began in 1981, the capability of MR imaging as a clinical 
imaging modality was already beyond anyone’s doubt. However, the FT  m eth­
ods required th a t the structures being imaged remained still for the entire image 
acquisition time in order to avoid artifacts. In the early days MR was an intrin­
sically slow technique, the reason being the apparent acquisition rate lim itation 
imposed by the finite duration of the spin-lattice relaxation time, Ti. In biological 
tissue Ti is typically of the order of 300 to 2000 ms. This, critics pointed out, 
would be a m ajor physical barrier of reaching faster scan speeds. Hence, many of 
the successful clinical applications of MR imaging (MRI) in the early 1980’s were 
restricted to  structures in the body which were relatively static, for instance the 
brain, spine and musculo-skeletal system. Images acquired in the central nervous 
system showed very encouraging results [9]. Surprisingly enough, the first whole- 
body images were also acquired as early as 1980 [10] followed by the first clinical 
abdominal images [11].
From these first clinical results, promising as they were, it was clear th a t for 
MRI to become a routine imaging technique, faster methods with higher spatial 
resolution and signal-to-noise ratio were needed. Over the following two decades, 
technical advances such as improved magnet and shimming technology and faster 
da ta  acquisition hardware made it possible for Peter Mansfield’s idea of acquiring 
MR images in a single shot [12] to be put into action and echo planar imaging 
(EPI) sequences to be implemented on clinical scanners. Since the mid-1980’s the 
number of proposed fast imaging methods has increased rapidly, but EPI is still 
undoubtedly the fastest MRI m ethod available today. The new developments in 
hardware and sequence design and the introduction of MR contrast agents allowed 
MRI to extend progressively its clinical applications into cardiac and abdominal 
imaging.
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1.2 Diffusion Imaging with N M R
A recent area of clinical applications is diffusion MRI [13], where imaging of 
stroke [14] is probably the best known applications. Diffusion in biological systems 
is directly influenced by tissue microstructures. The technique of diffusion MRI 
measures the molecular mobility of water in tissue, a quantity th a t has direct 
physiological relevance as it yields information about the organisation of structures 
in normal and diseased tissue.
The first measurements of diffusion using NMR m ethods date back more than 
th irty  years, but, still, most of the techniques used today rely on the earliest pulsed 
field gradient (PFG) method introduced by Stejskal and Tanner in 1965 [15]. In 
vivo diffusion imaging which maps macroscopic motion of w ater protons has been 
performed only over the last two decades [13]. As with the m ajority of clini­
cal applications, diffusion imaging has its leading application in studying clinical 
pathologies of the brain, with the most prominent current use of the technique 
being the study of acute stroke [14, 16, 17]. Only during the last few years have 
extra-cranial diffusion studies been reported [18] and quantitative diffusion ima­
ging outside the brain is still considered an experimental technique [19].
Initial excitement th a t the MR technique can be used to distinguish cancerous 
tissues from healthy tissue [3, 4] was somewhat diminished after human tum our 
Ti values turned out to be less markedly elevated than  the T i’s of tum ours grown 
in the laboratory. For some tissues they even overlapped with healthy tissues. It 
was therefore only natural, after the lack of specificity of the Ti value, to extend 
investigations towards other NMR parameters, such as the diffusion coefficient, to 
achieve a better definition of pathology. Although diffusion MR has not yet found 
its way into radiological oncology as a routine procedure, promising initial results 
for the diagnosis of cancers and monitoring treatm ent response have recently been 
reported, both for tum ours of the brain [20, 21] and extra-cranial tum ours such as 
tum oural bone marrow [22], rectal adenocarcinomas [1], prostate carcinomas [23] 
and cancers of the abdomen in general [24, 25].
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1.3 The Work of this Thesis
Acquiring reliable diffusion maps in the shortest time possible is one im portant 
aspect of DWI. The reasons for aiming at a reduction in imaging time are the 
clinical necessity of fast exams for patient comfort, the general downward pressure 
on exam costs, and, from a technical standpoint, to freeze out macroscopic motion.
In this thesis, the application of a specific fast MR imaging m ethod. Burst, will 
be investigated for its feasibility in extra-cranial DWI. The technique in an ima­
ging context obtains single-shot images using a special excitation/ readout scheme 
namely excitation with a series of short low-fiip-angle RF pulses, the so-called 
DANTE pulse train  [26], and the consecutive acquisition of the echoes of those 
RF pulses. This technique, first presented for imaging by Hennig [27] in 1988, was 
again proposed in 1993 under the name of Burst [28] or the acronym DUFIS [29]. 
It has been shown th a t the Burst excitation produces a signal th a t is inherently 
diffusion and T2 -weighted and it therefore seemed to be the most natural thing to 
take advantage of this characteristic and develop a quantitative diffusion mapping 
Burst sequence.
Just prior to the s ta rt of this PhD, such a sequence had been created end used 
to acquire sixteen increasingly diffusion and T^-weighted images in the time of a 
typical single spin-echo experiment. The first phantom and in vivo animal studies 
using this technique were published in 2000 [30]. The quantitative DWI sequence 
presented in th a t report is here, for the first time, used in a clinical in vivo study. 
Diffusion maps of human rectal adenocarcinoma were obtained before and after 
treatm ent and the first clinically relevant conclusions drawn. The results of this 
study were published in 2002 in The Lancet [1] and will be presented in this work.
The original Burst-diffusion sequence, however, suffered from a number of dis­
advantages, such as a low signal-to-noise ratio, uni-directional diffusion-weighting 
and a dependence of the diffusion-weighting on the readout gradient strength, and 
hence, the chosen field-of-view (FOV). In the la tter case, when a large FOV was
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required, the diffusion-weighting obtained was poor. The disadvantages of Burst 
are addressed in this thesis and this leads to the development of a new Burst-type 
diffusion-weighted sequence.
Despite being a potential drawback of the technique, having da ta  with multiple 
low b-values opens the possibility of extracting information about both diffusion 
and perfusion according to the intravoxel incoherent motion (IVIM) model intro­
duced by Le Bihan et al. [31] in 1986. The clinical in vivo da ta  are therefore also 
analysed on the basis of this model, leading to a deeper understanding of the re­
sults obtained in the previous analysis, where correlation between tum our ADC’s 
measured before treatm ent and response to combined chemo- and radiotherapy 
was found. IVIM analysis showed th a t the correlation is directly related to the 
diffusion fraction measured in rectal adenocarcinoma. The obtained results will 
be discussed in this work.
A m ajor problem of all diffusion-weighted techniques in in vivo imaging is ma­
croscopic motion. Patient motion can seriously corrupt image quality sometimes 
destroys image details completely and makes calculations of diffusion coefficients 
impossible. As the source of the increased motion sensitivity in DWI the large 
diffusion-weighting gradients were identified. These not only sensitise signal in­
tensity to diffusive motion but also make the signal phase dependent on coherent 
sample motion along the axis of the applied gradients. This results in the in­
troduction of a variable phase error, th a t causes severe ghosting artifacts [32]. 
Analysis of this motion has been reported for the head only, where it can be 
assumed to  tha t of a rigid body [32, 33].
The motion problem in Burst is a special one. Each acquired image is affected 
by a different phase error due to the design of the Burst sequence. Specifically, 
the phase-error introduced during diffusion-weighting increases with echo number 
resulting in higher diffusion-weighted images being severely corrupted by mo­
tion. One of the original aims of the project was the development of a navigated 
diffusion-weighted Burst sequence. However, although a prototype sequence was
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developed, it was unsuccessful and motion is still the most significant problem for 
the Burst diffusion sequence. In addition, soft tissues in the abdomen do not move 
as rigid bodies and so the potential of even a “successful” navigator sequence is 
unclear.
Probably the most robust sequence type with regards to motion artifacts is to 
this day single-shot EPI and it is the method of choice for intra-cranial DWI. The 
single-shot technique, however, proved problematic when applied to abdominal 
imaging, where changes in susceptibility between tissue/air and tissue/bone in­
terfaces cause susceptibility artifacts and geometric distortions. EPI also requires 
dedicated fat suppression to avoid chemical shift artifacts and the long echo time. 
Te causes additional problems in regions of short T2 . All these artifacts are due 
to the large bandw idth in the phase-encoding direction, a direct result of the 
single-shot readout of the complete da ta  matrix. Thus, a multishot approach may 
help reducing these artifacts in abdominal imaging, keeping in mind th a t this 
increases the sensitivity to motion. Care has to be taken to avoid discontinu­
ity in the echo am plitudes between the individual segments causing ghosting in 
the phase-encoding direction. This mismatch of amplitudes can be overcome by 
operating in a steady-state regime. In this work a 2-segment interleaved steady- 
state  gradient echo (GE) and spin echo (SE) EPI sequence for DWI are proposed. 
These, together with the proposed Burst sequences are evaluated in intra- and 
extra-cranial imaging experiments in vivo and their performance compared with 
a PSIF (inverse FISP) sequence [34, 35] and a SPLICE sequence [36] (based on 
the Turbo-Spin-Echo imaging module). The la tter is currently used in an ongoing 
clinical study measuring the apparent diffusion coefficients of prostate carcino­
mas [37].
This thesis finishes with a brief outlook on the potential of the sequences here 
proposed and recommendations with newly available hardware in mind.
Chapter 2 
D W -M RI in Radiological 
Oncology
2.1 The Cancer Problem
Cancer, often referred to as the plague of the 21®^  century, is a m ajor cause 
of morbidity and m ortality in the United Kingdom. More than  a quarter of a 
million new cases were recorded in 2000. The lifetime risk of developing cancer is 
more than one in three. Although we know today more than  200 different types of 
cancer, four of them — lung, breast, large bowel (colorectal) and prostate cancer 
— account for half of all the new cases registered every year (Fig. 2.1(a)). Lung 
cancer is by far the most common cancer in men, accounting for a fifth of all 
new cases, followed by prostate and bowel cancer. The most common cancer in 
women is breast cancer, responsible for nearly 30% of all new cases. Large bowel 
and lung cancer are the second and third most common cancer in the female 
population [38].
In 2000 over 150,000 people died of the disease th a t is a quarter of all deaths 
th a t occurred in the UK in th a t year. Over one fifth of all deaths were caused 
by lung cancer, whilst cancer of the large bowel was the second most common
7
CHAPTER 2. DW-MRI IN RADIOEOCICAE ONCOEOCy
0 m . , r » ( 7 3 . ,7 0 ,  0U,..31% («7.4M , ,Lw ng2M ,M .3W ,
Ovary 3% (8,880) | Lung 15% (38,780) Large bowel 10%
Oe.ophagua 3% ™  .a .« t. (16,185)
(7,080)
Head and Neck 3% Large bowel 13% (4,583) \  Breast 8% (13084)
Ovary 3% (4,857)
Non-Hodgkin
lymphoma 3%
V /  (35,390)
„ « n . d , 4 % „ 0 » ,  Oe.opbagusM L
Bladder 3% (4,973)- -  Prostate 8% (9087)
iphagus 
(7,008)
Stomach 4% (10,010) Pancreas 4% (6,783)
(a) (b)
Figure 2.1: (a) UK incidence 1998: The ten most common cancers contributing to the 
total cancer burden (from [38]). (b) UK mortality 2001: The ten most common causes 
of death from cancer (from [39]).
cause. Although rare in men, the mortality rate caused by breast cancer in women 
was so high that this cancer was, overall, the third highest cause of death [39] 
(Fig. 2.1(b)).
This situation repeats itself all around the Western countries. In the United 
States about 1.3 million new cancer cases are expected to be diagnosed in 2003 and 
560,000 people are expected to die, that is, more than 1,500 people per day [40]. 
Cancer is the second leading cause of deaths in the United States, exceeded only 
by heart disease. The most common cancers in the US are prostate cancer (33%) 
in men, breast cancer (32%) in women followed by lung cancer (14% in men, 12% 
in women) and cancers of the colon and rectum (11%).
Recent advances in treatment have resulted in more patients surviving. This, 
however, should not hide the fact that as the years go by, cancer is still increas­
ing in incidence in the Western world. Increased survival rates and advances in 
treatment go hand in hand with improvements in imaging technology. Detailed 
morphological and functional information, necessary for a successful treatment, 
can be obtained with the different imaging modalities available today. These are 
mainly the cross-sectional techniques of X-ray computed tomography (CT), ultra­
sound (US) and magnetic resonance imaging (MRI). Each technique has particular 
advantages [41] and, more importantly, together they are complementary. Ultra­
sound, for example, has been shown to be an excellent method of demonstrating
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the size of breast tumours, whereas difficulties are often encountered using it for 
the follow-up of intra-abdom inal lesions due to the presence of bowel gas. X-ray 
CT is a very accurate method for measuring tum our volume. Studies comparing 
the volume of residual testicular tum our masses on CT with the volume of sub­
sequent resected samples confirmed th a t the discrepancy was less than  10% [42]. 
However, accurate measurements cannot be obtained in all tum ours, this because 
many masses are of irregular shape and the edges of diffuse and infiltrating tu ­
mours my be poorly defined. MRI can be beneficial here as the technique can 
help to detect invasion of adjacent structures.
For a more detailed description of the cancer problem the interested reader 
should be referred to Appendix A. An introduction is given there to cell biology, 
basic carcinogenesis, the common forms of treatm ent available today and how 
these interfere with tum our growth and consequently lead to death of the m utated 
cells.
2.2 The Advent of a New Era in Cancer Re­
search
W ith the improvement and development of new imaging methods, the chances 
of an early detection of cancers increased enormously. From its earliest days the 
technique of nuclear magnetic resonance (NMR) was thought of as being useful in 
the diagnosis of cancerous tissues. Damadian [4] showed in 1971 th a t spectroscopic 
methods based on NMR can be used to distinguish between m alignant tum ours 
and normal tissues. Performing in vitro T\ and T2 measurements in healthy ra t 
tissues (muscle, kidney, stomach, intestine, brain and liver) and two malignant 
solid tum ours (Walker sarcoma and Novikoff hepatom a) he observed th a t the spin- 
lattice relaxation times, Ti, in the tum ours were significantly greater than  the T\- 
values in any normal tissue. The spin-spin relaxation times, T21 were about twice 
as high in tum our as in healthy tissue. His work a ttracted  the attention of the
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medical community. Paul Lauterbur noted in his experiments th a t even normal 
tissues differed markedly among themselves in relaxation times and this inspired 
him to develop a non-invasive method based on NMR tha t allowed to map out such 
quantities w ithin the body and consequently produce cross-sectional images of 
the body in vivo [3]. O ther groups working on NMR techniques showed th a t even 
imaging methods based solely on water content can differentiate between various 
tissue types and these “water distribution images” — better known now under the 
name of proton-density-weighted images — yield recognisable anatom ical images 
of normal tissue and organs and so allowing pathologic conditions th a t are known 
to affect the water balance in the body to be studied [43]. This insight is not 
surprising as it has been shown before th a t there exists a correlation between 
the spin-lattice relaxation time and water content, longer T i’s being observed in 
tissue with higher water content [44]. Lauterbur’s conclusion in 1986 was: “At 
least some cancers should be detectable with NMR imaging techniques in human 
patients” [45].
The middle and late 1980's were the years during which the MRI technique was 
developed to  a point where it was readily available in a clinical setting, with better 
imaging hardware and magnets a t hand allowing for faster imaging speeds. Con­
sequently MRI was no longer restricted to motion-free regions such as the head. 
During the 1990’s the usefulness of NMR for diagnosing cancer and evaluating 
treatm ent response was extensively explored. To this day, however, the value of 
MRI in diagnosis of cancers remains unproved, results depending strongly on the 
cancers studied. But, once a cancer has been identified MRI plays an im portant 
role in determining the extent (stage) of disease, often allowing local invasion, 
lymph node involvement and distant m étastasés to be identified. In the future 
MR imaging techniques may be granted a bigger role in identifying cancers, made 
possible by improved sequence design, the development of new imaging techniques 
and the availability of new contrast agents. But today, without doubt, the strong 
side of MRI in radiological oncology lies in the follow-up of treatm ent. The tech­
nique provides a m ajor method of assessing treatm ent response and in the near
2.2. THE AD VENT OF A N E W  ERA IN CANCER RESEARCH  11
future may even be used for the prediction of treatm ent outcome.
In the subsequent paragraphs, a brief overview of the present stage of research 
using MR imaging techniques for diagnosis of the four most common cancers 
(prostate, breast, lung and colorectal cancer) will be given, followed by an intro­
duction to using MRI for monitoring tum our response to cancer treatm ent.
2.2.1 Cancer Diagnosis and Tumour Staging w ith M RI 
Prostate Cancer
Prostate cancer is, although not the highest cause of cancer deaths, the most 
prevalent malignancy in the world. Thus, it a ttracted  the early attention of clin­
ical researchers. MRI was first used in staging of prostate carcinoma as early as 
1986 [46]. All men developing the malignancy have previously been diagnosed 
with benign prostatic hyperplasia (BPH), although the two processes are unre­
lated, th a t is, being diagnosed with BHP does not necessarily mean these patients 
will later develop the malignant disease [47]. One problem is th a t although MR 
imaging is today the routine clinical modality for the evaluation of men with 
known pathology, it can only be used on occasion for diagnosis. Clinical research, 
therefore, continues in developing diagnostic methods which help overcoming the 
problem of similarity in signal intensity between prostate carcinoma and benign 
prostatic hyperplasia. The use of dynamic contrast-enhanced (CE) imaging to 
improve this situation has been suggested [48]. To this day standard 7^-weighted 
fast spin echo (FSE) imaging offers the greatest diagnostic accuracy [49] but other 
methods such as diffusion-weighted imaging (DWI) are currently under investiga­
tion [23, 50, 51].
Breast Cancer
For imaging and staging breast cancer, the predom inant cancer in the female 
population. X-ray mammography is still the most im portant technique and has
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proved to be an effective method for breast screening. Since the early 1980’s ul­
trasound (US) B-mode scanning has also evolved to be an indispensable adjunct 
to X-ray mammography [52]. MRI is still considered an experimental technique 
and its future efficacy will mainly depend on the development of new contrast 
agents which will help visualisation of the lesion [53]. Preliminary studies have 
shown potential in accurately differentiating between recurrent tumours, fibrosis 
and other post-radiation effects [54, 55] and it has recently been shown th a t quan­
titative DWI may help to differentiate malignant breast carcinoma from benign 
lesions and normal tissue in vivo [56].
Lung Cancer
In the diagnosis and staging of lung cancer NMR is still an experimental tech­
nique. Although non-invasive methods would be very desirable, surgical methods 
(mediastinoscopy being the recommended clinical standard) have a greater sensi­
tivity and specificity than MRI, or even CT, in staging the disease [57, 58, 59]. In 
differential diagnosis, however, Ti- and T^-weighted imaging studies proved to be 
able to distinguish lung cancer, seen as a high signal intensity area, from hbrotic 
mass, which appeared low in signal intensity when compared with muscle [60] 
showing the potential of MRI.
Colorectal Cancer
Reports of successful preoperative staging of cancers of the colon and rectum 
with external phased-array coils [61] and post-therapeutic staging with contrast- 
enhanced endorectal MRI [62] have been published. CE-MRI has also been re­
ported to be helpful in the diagnosis of tum our recurrence and the differentiation 
between scar tissue and residual tum our [62]. Conventional MR imaging proved 
helpful in determ ining the depth of tum our invasion and pelvic images provided 
valuable information about adjacent tissue invasion [63].
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Other Cancers
Over the years the effectiveness of MR imaging techniques in tum our staging 
of other extra-cranial types of cancer such as bladder cancer [64], renal and adrenal 
carcinoma [65] have been reported. It has been shown th a t MRI is one of the best 
imaging techniques for evaluation of the retroperitoneum  in follow-up studies after 
treatm ent of carcinoma of the kidney. It can here be used to distinguish tum our 
recurrence from fibrosis. MRI has also been reported to be useful in the non- 
invasive evaluation of tum our extent of the female reproductive organs {tumours of 
the uterus and endometrial and cervical carcinoma). In these cancers the method 
is favourable over other techniques such as CT because of its excellent soft tissue 
contrast allowing direct tum our visualisation and assessment of tum our volume, 
depth of penetration and extension to adjacent tissues [66], thereby helping to 
design optim al therapy and facilitating more effective treatm ent and ultim ately 
influencing patient prognosis.
Probably the most often studied tum ours are cancers of the brain. This might 
on one hand be surprising as brain tum ours contribute only a small percentage to 
the to ta l cancer burden world-wide, but then on the other hand these cancers are 
probably the “easiest” to study with MR methods. CT or MR scans are routinely 
performed to diagnose brain tumours. Since the mid-90’s cerebral blood volume 
(CBV) mapping using susceptibility contrast [67] has been an established m ethod 
in the diagnosis of patients with malignant brain tum ours and is routinely used in 
the follow-up of these patients [67, 68]. Research continues in developing methods 
for differential diagnosis, th a t is to allow the radiologist to distinguish between 
cystic and necrotic tumours and benign and m alignant lesions [20, 51, 56, 69] and 
to distinguish tum our recurrence from fibrosis and therapy-induced necrosis [21, 
54]. DWI and measurements of the apparent diffusion coefficient (ADC) have 
for example been shown to be useful in recognising areas of cystic and necrotic 
changes in cerebral tumours and to perm it differential diagnosis between necrotic 
cerebral tum ours and cerebral abscess [70]. The technique also proved successful in
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differentiating brain tum our recurrence from radiotherapy-induced necrosis [21].
2.2.2 Evaluation of Tumour Response Using MRI
Physiological changes precede morphologic findings in many disease processes 
and it is known th a t chemo- and radiotherapy induce changes in the param eters 
of tum our physiology such as cell permeability or glucose metabolism. Therefore 
a question was soon asked: Can methods such as MRI, which are sensitive to 
physiologic changes, be used to monitor tum our response to therapy [71, 72]? 
This field of research is becoming an increasingly im portant aspect of radiological 
oncology [1, 73, 74].
The three reasons for a radiological investigation after cancer diagnosis in 
patients usually are: (i) to resolve a specific clinical problem in an individual 
patient, (ii) to assess the progress of patients with treatable disease in which 
treatm ent regimes are already established and (iii) to assess the efficacy of thera­
peutic regimes for tum ours in which treatm ent choices remain controversial [75]. 
In treatm ent terms, tum our shrinkage is generally recognised as the m ajor indica­
tor of tum our response, although size does not always reflect tum our response. It 
is an acknowledged fact th a t although tum our cells may be rapidly killed by ther­
apy the re-absorption of dead m aterial can take quite some time and so changes 
in tum our size may not be seen for weeks [76]. Furthermore it has been shown 
some tum ours show little change in volume over the course of treatm ent a t all, 
but their active cancer may have been transformed in non-malignant tissue such 
as differentiated tum our, necrosis or fibrosis [75]. Therefore, because the response 
of tumours to therapy vary, much research effort focuses on establishing new ways 
of establishing whether a tum our has responded to the chosen treatm ent, inde­
pendently of its size or volume change. Finding a way of monitoring the tum our 
response from an early stage onwards and throughout the course of treatm ent 
would be invaluable to oncologists. This would allow them to make a timely deci­
sion about treatm ent changes if the chosen therapy plan is not working and hence
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could help saving many lives, as well as sparing patients the adverse effects of 
chemotherapy if this is not working.
In this context DWI might become the m ajor tool of oncologist monitoring 
treatm ent outcome. Diffusion-weighted NMR techniques measure non-invasively 
the ADC of water, a param eter sensitive to biophysical characteristics of tissue. 
Anti-cancer treatm ent alters tum our pathophysiology, hence the tum our ADC 
may be altered by treatm ent [77] and could therefore provide a novel measure for 
early detection of response to anti-cancer therapy. Over the last few years interest 
in the potential of tum our ADC as a surrogate marker has increased enormously 
and studies in animal tum ours receiving conventional [76, 77, 78] or novel [79, 80] 
therapies have been reported.
DW-MRI studies in animal models, where T50/80 mouse m am m ary tumours 
and Dunning rat AT6 prostate tum ours had been implanted in nude mice, showed 
an increase in ADC after radiotherapy prior to a change in tum our volume [78]. 
Diffusion MRI has been reported to be successful in detecting early changes as­
sociated with novel cancer chemosensitisation gene therapy [80]. Again the mean 
tum our diffusion increased after treatm ent before tum our growth arrest and re­
gression. Further reports include the successful m onitoring of tum our response 
after chemotherapy with DW-MRI [73, 81]. Fspecially in these therapies, which 
have reduced response rates and increased toxicity, it is im portant to  know as 
early as possible if the treatm ent is effective.
In the m ajority of these studies animal tum our models have been assessed. The 
number of human subjects assessed, however, is still very lim ited and confined to 
brain tum ours [73, 76, 82], this mainly for technical reasons. Diffusion-weighted 
imaging studies are usually performed by techniques based on the pulsed field 
gradient (PEG) method introduced by Stejskal and Tanner in 1965 [15] (§ 2.4.3). 
This original method, however, is relatively slow and causes severe motion ar­
tifacts, especially when performed outside the brain. A common solution is to 
use a PEG sequence with FPI readout. This method allows the acquisition of
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images on a time-scale of 100 ms, thus helping to prevent motion artifacts. But 
due to a number of well-known problems, this method only works well for intra­
cranial scans. The EPI technique is prone to susceptibility artifacts in regions 
of inhomogeneous magnetic field, which is the case in the abdomen. In addition 
EPI requires relatively long tissue 7^'s. This is particularly im portant in diffusion 
imaging, since tim e is needed during the sequence for both, diffusion sensitisation 
and readout gradients to operate. Considering th a t brain tumours only contribute 
a very small percentage to the to tal cancer burden whereas cancers of abdomen 
make up the largest part, the development of new techniques for extra-cranial 
DWI is a very desirable goal.
The topic of diffusion in general and diffusion in NMR in particular will be dis­
cussed in detail in the second part of this chapter in Sections 2.3 and 2.4, whereas 
the third part (Sec. 2.5) considers possible candidates for DWI outside the brain. 
This section, however, will finish with the outlook for using diffusion-weighted 
MRI (DW-MRI) to predict treatm ent outcome and will give a brief description 
of MR spectroscopy (MRS) as a tool for cancer diagnosis and monitoring tum our 
response.
2.2.3 Prediction of Tumour Response Using DW -M RI
DW-MRI in oncological radiology may become of even greater importance. 
Early animal studies suggest th a t DWI can not just be used to m onitor but 
even to predict the tum our response to radiotherapy in KHT sarcoma [83] and 
chemotherapy in N -m ethyl-N -nitrosourea (MNU) induced tum ours [84].
Tissue oxygenation tension (PO2 ) is a m ajor determ inant of success of can­
cer treatm ents including ionising radiation, photodynamic therapy and certain 
chemotherapeutic agents [85]. However, tum our p02 is difficult to measure in a 
clinical setting. Invasive methods, such as microelectrodes have been used [85]. 
But non-invasive m ethods would be much more desirable. It is known th a t DWI 
highlights changes in the brain in response to hypoxia or ischaemia [86]. Both
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have a decreased ADC in the brain due to movement of water from extracellular 
to intracellular environment where mobility is restricted as a result hence mea­
surement of the ADC may be used to assess tum our hypoxia and consequently 
tissue oxygenation.
In a first human in vivo study we showed th a t the mean pre-treatm ent ADC 
of rectal adenocarcinoma is strongly associated with tum our response following 
chemotherapy and combined chemo- and radiotherapy [1]. Our findings raise the 
possibility tha t the technique might be used as a predictor of response in the 
clinic. This study will be discussed in detail in Chapter 4. A follow-on MRI study 
designed to correlate the diffusion measures with histology is currently under way.
2.2.4 Diagnosis and Treatment M onitoring w ith M R  Spec­
troscopy
Although this thesis is concerned with the use of NMR as an imaging technique 
to finish this introductory section, the now fast-growing field of MR spectroscopy 
(MRS) must be mentioned in the context of radiological oncology. The MRS tech­
nique probably shows the highest potential using NMR as a diagnostic tool. MRS 
gives insight in the body’s chemistry allowing m etabolites to be “visualised” . It is 
well known th a t diseases, especially in their early stages, are marked by metabolic 
changes and these can be studied non-invasively in vivo using MRS. ^H-MRS spec­
tra  of brain tumours have been shown to be highly characteristic of both  the type 
of tum our and the grade of malignancy [87, 88]. Thus, in the near future it could 
replace the current highly invasive procedure of intra-cranial biopsy followed by 
histopathology. Proton MRS might also prove helpful in the differential diag­
nosis of brain tum ours [89]. It has been reported th a t spectra obtained with 
diffusion-weighted in vivo proton MRS and measurement of m etabolite ADC’s 
showed clear differences between ischaemia and brain tum ours. The technique 
may provide clinically useful insights into physiological changes associated with 
different pathologies and, thus, may aid diagnosis [90].
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studies outside the brain are less routine, as are studies on other nuclei 
such as or But all are under development in research settings, though, 
to this day mainly to monitor treatm ent response. ^^F-MRS, for example, has 
been used to m onitor the pharmacokinetics of the anti-cancer drug 5-fluorouracil 
(5-FU) in tum ours [91]. It is hoped th a t this m ethod can be used to predict tu ­
mours th a t will respond to 5-FU, which is widely used to treat solid tumours [92]. 
Phosphorous-31 MR spectroscopy, which provides non-invasive insight into the 
phosphorous m etabolism of tissue, has been shown to be able to distinguish be­
tween different brain tum ours (meningiomas and glioblastomas) and normal adult 
human brain [93]. The technique is currently under investigation for predicting 
the response to chemotherapy from the drop th a t occurs in the phosphomonoester 
(PME) signals during successful treatm ent [87, 94] and it has been reported th a t it 
may even be possible to predict the response of non-Hodgkin’s lymphoma tumours 
by measuring the pre-treatm ent PME levels [87].
2.3 From Pick’s Laws to Diffusion in Biological 
System s
Molecules are in constant movement due to interactions with their surround­
ings. Two types of movement can be distinguished in tissues. One is coherent or 
“bulk” flow, which occurs for blood and cerebrospinal fluid. This movement arises 
from a difference in pressure between the two locations, produced by contractions 
of the heart. The other type of motion is a relatively small displacement of the 
molecules in space, known as diffusion. The process is essential for a number 
of physiologic functions. For example transport of metabolic substances such as 
glucose and oxygen into cells depends on diffusion of molecules from capillaries to 
cells through a liquid medium.
By diffusion, molecules mix through normal therm al motion. Each molecule 
moves independently from the others. For densely packed water molecules, the
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interactions and scattering can be assumed to lead to a succession of random 
displacements without a preferred direction, often known as the “random walk 
model” . The expected value of mean square displacement for an ensemble of 
molecules is non-zero and is given by the Einstein relation [95],
< r ^ > = 6 D t o ,  (2.1)
where to is the observation or diffusion time and D  is the diffusion coefficient. 
However, it is impossible to say in which direction a particular molecule has moved 
in th a t time.
2.3.1 The Classic Description of Diffusion: Pick’s Laws
Diffusion is a process which leads to an equalisation of concentrations within 
a single phase [96]. In 1855 Pick recognised the analogy between diffusion and 
transfer of heat by conduction and applied the equation of heat conduction derived 
in 1822 by Fourier to describe quantitatively the diffusion process [97, 98]. If a 
gradient in molecular concentration exists, then diffusion will be associated with 
a transfer of molecules from regions of high to low concentrations, according to 
Pick’s first law of diffusion
F = - D  V c, (2.2)
where F, the molecular flux, is also known as diffusion flow or current density, and 
is a vector whose magnitude is equal to the number of particles diffusing through a 
unit area per second. The negative sign reflects the fact th a t the diffusion current 
goes against the increase of concentration. The further assum ption, generally 
implied by Equation (2.2), th a t D  is a constant for a given medium, tem perature 
and pressure, is usually only approximately true [96]. In some systems D  is also 
a function of the particle concentration, c, which can complicate the analysis of 
the problem considerably.
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Considering any infinitesimal cubical volume, dV = dx dy dz, in the sample, 
it can be shown th a t the net change in the number of molecules per unit time, 
d N /d t  contained in d V  is —V  F  dV,  and since c =  d N / d V , we have
|  =  - V . F .  (2.3)
W ith Equation (2.2) this gives, in analogy to the heat transfer equation, the 
general diffusion equation or second Pick’s law
%  = D V \  (2.4)
Considering only one dimension Pick’s second law of diffusion can be w ritten
as
Equations (2.2) and (2.4) hold only for isotropic diffusion, where there is no 
preferential direction for the diffusion motion. The situation becomes more com­
plicated when the value of D  varies for different directions, th a t is when the 
diffusion process is anisotropic. D  has then to be treated as a [3 x 3] tensor, with 
components (z,J G {1, 2, 3}). Assuming these are constant, second Pick’s law 
can be rewritten as
S = E A . ^ .  (2.6)
with Xi e  {x, y, z}.
Pick’s first law of diffusion connects the particle flux to the particle concen­
tration  gradient. However, in liquid state samples, as found commonly in MRI, 
there is no net concentration gradient and what is observed is random molecular 
self-diffusion.
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2.3.2 The Random Walk M odel
The following paragraphs show how the random walk relates to the classic 
concept of diffusion, described by Tick as a flux of particles “driven” by a concen­
tration  gradient.
In the random walk model it is generally assumed th a t a molecule stays in a 
certain position for a time AtE  and then through interaction with other molecules 
moves a distance R in a random direction. After another interval At[) it makes 
another random step, and so on. How can the diffusion coefficient, D, introduced 
previously, be correlated to the parameters, R  and A t o ,  of the random  walk?
To simplify the argument only a one-dimensional random  walk and a net flux 
past a particular point x  will be considered. The local density or concentration of 
particles along this direction is given by c{x). To calculate the flux for one time 
step, only particles within a distance R  of point x  have to be looked at, because 
these are the only ones th a t can cross x  in one step. If ci =  c{x — R /2 )  is the mean 
concentration on the left and C2 =  Ci -f R{dc/dx)  the mean concentration on the 
right of X, then in a time interval At/p, on average half of the particles within R  
will move from left to the right, giving a positive diffusion current F+  =  R c i / 2 A t  
and similarly half of the particles on the right will move to the left leading to a 
negative flux F~ = Rc2/2AtD- The net flux F  = F +  — F~  then is
Comparing Equations (2.2) and (2.7) the classic diffusion coefficient, D, can 
consequently be associated with the param eters of a random  walk as
Hence, in understanding the effects of diffusion on the NMR signal Pick’s laws 
are not of great help as he deals only with a net flux but the random  motion of
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water molecules happens in the absence of any concentration gradient. Therefore 
the key question to ask is “how far will a molecule have moved after N  steps” . For 
a single molecule this is impossible to predict, but considering many molecules, 
each of them  undergoing its own random walk, the distribution, p(x),  of the 
distance travelled, can be predicted. p{x) is the probability of finding a molecule 
a t a distance x  from the starting point after N  steps. For a random walk of N  
steps there will be a final position A x  for each molecule. Because there is no 
preference for left or right steps, clearly the average value < A x >  must be zero. 
However, each <Aa:> will have some scatter about the mean and it can be shown 
th a t for a large number of steps, this distribution is Gaussian and the variance of 
the final position will be =< A x^> =  N d f  [99]. The number of steps, N , though, 
simply indicates how much tim e has elapsed. The to tal time is tjrp =  N A t o ,  thus 
the mean square displacement after this time in terms of the diffusion coefficient 
can be w ritten as
< A x ^ > = 2 D t o ,  (2.9)
which is just the Einstein equation in one dimension. Considering displacements 
in three dimensions yields Equation (2.1).
2.3.3 Diffusion in Biological System s
The discussion in the previous section was solely based on free diffusion in an 
infinite medium, which means, there were no barriers to prevent molecules from 
drifting farther and farther from there starting points as time increases.
The sophisticated, heterogeneous m icrostructure of tissue modifies the concept 
of free diffusion due to  the presence of internal structure and barriers and leads 
to restricted diffusion. Exchange must be considered between multiple com part­
ments. Furtherm ore the diffusion of water becomes an orientation-dependent or 
anisotropic phenomenon. For these reasons, the diffusion param eter measured in
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Figure 2.2: Free versus restricted diffusion. For free diffusion the diffusion distance in­
creases linearly with the square root of the diffusion time and the slope of this straight 
line defines the diffusion coefficient, D. In the case of restricted diffusion the diffusion 
distance travelled depends strongly on the diffusion time. As diffusion time increases 
more molecules reach the boundaries and are reflected back into the medium and the 
measured diffusion distance reaches a plateau. The measured “apparent” diffusion co­
efficient, ADC, decreases gradually to zero (from [100]).
biological systems is termed the “apparent” diffusion coefficient or ADC and is 
lower than the free water diffusion coefficient.
Restricted Diffusion
The experimental sensitivity of the diffusion restriction is determined by the 
diffusion tim e of the experiment. The following simple example illustrates the 
nature of restricted diffusion very well. A diffusing molecule is confined within 
an impermeable cell. If a step would carry it out of the cell, it is reflected on the 
boundary. For short time intervals or diffusion times the molecule will not move 
far from its starting point. Hence diffusion will be relatively free and the diffusion 
distance will increase linearly with the square root of diffusion time according 
to Equation (2.1). But as tim e increases and the restricted molecule encoun­
ters the cell boundary more often, the expectation value of the square distance 
travelled, < > , will s tart to vary significantly from the free case described by
Einstein’s equation as illustrated in Figure 2.2. In biological systems the diffusion 
displacement will, with diffusion time, to,  deviate from the by Equation (2.1)
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predicted linear behaviour and will plateau at a level corresponding to the size of 
its restricted volume.
By examining the diffusion time dependence of the diffusion experiment in 
a real biological system, some information on the degree of restriction can be 
determined. Restriction is indicated by a decrease in the ADC with an increased 
diffusion time. If diffusion is restricted by impermeable barriers, the diffusion 
time dependence of the ADC would be expected to be observed even at very 
long diffusion times. However, it has been shown in brain tissue this only holds 
for diffusion times up to 20 ms [101], for diffusion times above 20 ms, which 
correspond to diffusion displacements of the order of the size of certain tissue 
microstructures (~5  jam) it is not the case [102]. This possibly implicates the 
presence of permeable barriers in biological tissues [103].
Multiple Compartments
Tissue water is contained within multiple compartments with the most obvious 
being the extra- and intracellular environments. W ater is always in a state of 
continuous exchange between the various compartments. The observed signal will 
be found to depend on the rate  of exchange and the diffusion time.
Anisotropy
In addition to the dependence of the experiment on its time scale, the direc­
tion of the measurement also plays an im portant role in the evaluation of the 
ADC. The diffusion of water in biological systems is an anisotropic phenomenon. 
And as already mentioned in Section 2.3, the apparent diffusion coefficient must 
be replaced by a [3 x 3] tensor quantity, consisting of nine apparent diffusion 
coefficients, D ij{ i , j  =  x^y ,z ) ,  where Dij = Dji. Thus, the tensor consists of 
six independent terms. The magnitude of these tensor components depends on 
the subject orientation within the laboratory frame of reference. Rotation of the
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sample will change the individual components. The orientation dependence of the 
diffusion tensor can be used to provide im portant physiological and morphologi­
cal information about the biological system under consideration. However, certain 
scalar combinations of the elements of the diffusion tensor, are rotationally and 
translationally invariant and, hence, do not depend on the sample orientation 
within the laboratory frame of reference. The best known invariant quantity is 
the trace of  the diffusion tensor, Trace(D), which is given by
Trace(D) =  Dxx T Dyy +  =  Ai +  A2 +  A3, (2.10)
where A% (z =  1, 2, 3) are the diffusion coefficients along the three principal direc­
tions. The average diffusion coefficient is Dav = |T race(D ). A map of Dav can be 
obtained by averaging three ADC maps, which have been generated by acquiring 
images with different diffusion-weighting in each of the three principal direction. 
This param eter can be compared between subjects.
Intravoxel Incoherent Motion
The term  intravoxel incoherent motion (fVIM) introduced in 1986 by Le Bi- 
han et al. [31] refers to all microscopic translational motions th a t occur in each 
imaging voxel in magnetic resonance imaging. In addition to molecular diffusion 
biological tissues also exhibits microcirculation of blood in the capillary network 
(perfusion). M icrocirculation of blood can be considered an incoherent motion 
due to the pseudo-random organisation of the capillary network at an imaging 
voxel level (Fig. 2.3). Biological tissue typically contains several thousand capil­
laries [31], with internal diameters of 5 to 10 /zm [104], in each imaging voxel. Mi- 
crocirculatory blood flow has therefore been described as “macro-diffusion” [104] 
and has been associated with a pseudo-diffusion coefficient, D*, the value of which 
is a function of blood velocity and capillary geometry. D* is typically many times 
greater than  the diffusion coefficient of pure water. The volume of blood flowing 
in the perfused capillaries is usually only a small percentage of the to tal water
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Figure 2.3: (a) Molecular diffusion is a result of random thermal molecular motion, 
called Brownian motion. D characterises the mobility of the molecules. For pure water 
D is 2.0 X 10"  ^mm^ s~^at 20°C, which corresponds to a mean displacement. Ax,  of 20 
ym  in a diffusion time, of 100 ms. (b) Perfusion results from blood microcirculation 
in the capillary network. It can be considered an incoherent motion due to the pseudo­
random orientation of capillaries at the voxel level, where water flowing in capillaries 
involves only a fraction of the total water content of the voxel (from [105]).
content in biological tissue and so this contribution is often not measurable. How­
ever, in certain cancers perfusion can take on a significant proportion of the total 
water content and microcirculatory blood flow needs to be considered as will be
shown in C hapter 4, Section 4.2.
2.4 Diffusion in M agnetic Resonance Imaging
Diffusion MRI is one of the most recently developed and rapidly evolving area 
of medical imaging, with applications ranging from diagnosis of hyperacute to 
chronic diseases. Earlier MR approaches used image contrast dependent on the 
relaxation times Ti and 72. Although qualitatively useful, 7^- and 7]z-weighted 
images are influenced by a number of factors making a direct interpretation of 
a change in contrast in these images difficult. Even when quantitative Ti- and 
7]z-mapping approaches are taken, the values depend on the static field strength 
of the MR system used, which complicates comparison of results obtained at 
different clinical centres if working at different field strengths. The development 
of diffusion MRI has opened up the possibility to study the human body in ways.
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which in the past were unachievable, with results th a t are universally comparable.
The discovery th a t diffusion affects the NMR signal was made by Hahn in 
1950 [106], when describing spin-echo formation for the first time. He found it 
necessary to take the molecular diffusion through the inhomogeneous external 
field into account to explain the signal attenuation obtained with a spin-echo 
experiment on certain samples. In 1954 Carr and Purcell published the first 
paper describing the m athem atical theory behind the behaviour of the MR signal 
in the presence of self-diffusion [107].
2.4.1 Signal A ttenuation Caused by Diffusion in a Linear 
M agnetic Field Gradient
The net signal decay due to a phase difference between individual signals 
(spins) is usually w ritten as S(t)  =  RoA(t), where A(t)  is the signal attenuation 
factor. For a spin-echo in the absence of diffusion effects this attenuation factor 
is: A{Te) = exp[—R 2TE] = eTp[—Tg/T^]. A ttenuation in a linear magnetic field 
gradient due to self-diffusion can be expressed in a similar fashion.
Considering a population of randomly moving molecules, motion along the 
direction of the field gradient will be different for each spin resulting in a distri­
bution of phase shifts. In the case of diffusion the average phase shift will be zero 
because the average displacement is zero. The dispersion of dephasing, however, 
depends on the variance of the displacements, which is related to the diffusion 
time and diffusion coefficient. This dispersion leads to destructive interferences 
between the spin phases upon rephasing with the result of an incomplete refo­
cusing of the echo and, thus, an attenuation of the echo amplitude. Because of 
the Gaussian shape of the probability distribution of the diffusion displacements 
the attenuation term  has an exponential dependence and can be w ritten in the 
form [99]
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An i t )  = exp[-AR2^], (2 .11)
where A i? 2  is termed “additional transverse relaxation ra te” due to diffusion [106] 
in analogy to the transverse relaxation rate, R 2 =  I /T 2 .
For a constant “background” magnetic field gradient, assumed “on” all the 
time and separated from the imaging gradients A R 2 can for a spin-echo, where 
the diffusion time, is the echo time, T^, of the experiment, be w ritten in terms 
of the diffusion coefficient as (yG)^DT§/12 [100]. The diffusion attenuation, thus, 
is
A d (Te ) = exp h G f D  S (2 . 12)
Hence, if field gradients are present, diffusion can lead to strong attenuation 
of the signal because of the strong time dependence in Equation (2.12). However, 
Carr and Purcell showed th a t multiple spin-echoes substantially reduce the effects 
of diffusion. Due to the refocusing a t each echo the diffusion measurement time. 
Te , is split into a series of shorter diffusion times, T^. The spin-echo attenuation 
caused by diffusion through a linear field gradient for the to tal time. Te = 
where n  is the number of 180° pulses applied, becomes [107]
A d ( T e )  = exp
T^
( i G f D  ®
12n2
(2.13)
Introducing the pulse repetition rate, p, with n = p Te , the attenuation factor 
can be written as
A d {Te ) = exp 
and the spin-echo signal is
TE
12p:^
(2.14)
S s e { T e ) — 5^0 Gxp
\ - T e ]
[ T2 J
exp - h G ) W
T.E
WjP
(2.15)
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W ith the pulse repetition rate being a constant for a given experiment the 
decay becomes a single exponential, th a t is, the additional decay caused by diffu­
sion appears simply as a small change in the T^-relaxation. The diffusion related 
echo attenuation in the multi-echo experiment is much less than  in a single-echo 
experiment.
First diffusion measurement methods using NMR were of spectroscopic na­
ture [15] but soon the idea was extended to MR imaging techniques [13] too. 
DWI provides after proton-density-, Ti and T2 -weighted imaging a new form of 
MR image contrast.
2.4.2 Diffusion-W eighted Imaging in Biological System s
DWI and quantitative measurements of the ADC of water have been applied 
to various organs in the body, including brain, liver, spleen, kidney, bone, breast 
and muscle. A great number of pathophysiological conditions have been studied 
with diffusion imaging. Examples of such conditions include neurologic disorders, 
brain myelination [108], liver cirrhosis or carcinoma [19], bone marrow imaging 
for compression fractures [69], breast pathologies [56] to name only a few.
Due to the sensitivity of the diffusion-weighted images to motion, it is essential 
th a t the organ or system of interest remains stationary or the imaging technique 
used is insensitive to any gross movement. Because the brain is situated within 
the confines of the skull, and therefore suffers less motion than  organs of the 
chest or abdomen, it is well suited for DWI and has therefore been the focus 
of attention for many years. Reports of the feasibility of DW-MRI in numerous 
neurological conditions such as stroke [14, 17, 86], Alzheimer’s disease [109, 110], 
HIV [111], epilepsy [112, 113], multiple sclerosis [114, 115], the differential diagno­
sis and analysis of brain abscess and brain tum ours [70, 116] and traum atic head 
injuries [117, 118] have been published in animal as well as in human studies.
However, despite the applicability of DWI to a range of neurological conditions
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the main area of interest has been and continues to be the field of stroke research. 
Cerebral infarction is the most common cause of disability among adults in the in­
dustrialised nations and it ranks third as a cause of death, surpassed only by heart 
disease and cancer. Each year 250,000 Britons suffer from some form of stroke 
and more than  40,000 people die each year of the disease [95]. DW-MR imaging 
is the most sensitive technique available to diagnose acute cerebral infarction [14]. 
Before the advent of DWI, stroke patients underwent X-ray CT or a standard 
MRI scan. However ischaemic changes in the CT or standard MR scan were not 
observed until 4 to 6 hours after halt of the blood flow [16]. In 1991, introduction 
of DWI allowed the identiflcation of a stroke minutes after the initial event [86], 
with the opportunity to m onitor therapy and aid the prognosis of the patient. 
For a deeper discussion of the mechanisms of DWI changes following a stroke the 
reader is referred to Chapter 4 of Thom as’ review “The measurement of diffusion 
and perfusion in biological systems using magnetic resonance imaging” [95].
2.4.3 Signal Behaviour in Diffusion-W eighted Imaging 
The Pulsed Gradient Spin-Echo (FOSE) Sequence
In the basic spin-echo sequence static spins are rephased to form a spin-echo. 
However, the random  motion of diffusing water protons in the presence of a mag­
netic field gradient results in additional dephasing which leads to imperfect refo­
cusing of the spin-echo and reduced amplitude of the MR signal (§ 2.4.1). This 
can be seen as a disadvantage but can also be used to quantify diffusion processes 
with MRI. In 1965 Stejskal and Tanner introduced a pulse sequence [15], which 
makes use of the fact th a t diffusion leads to a time and space dependent phase 
shift in the transverse magnetisation. Most of the techniques used today are based 
on this principle.
Application of a pair of large magnetic field gradients of am plitude Go  placed 
around the 180° refocusing pulse of a spin-echo sequence (Fig. 2.4) introduces an
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Figure 2.4: Idealised spin-echo pulse sequence for diffusion-weighted imaging. An ad­
ditional diffusion gradient pair according to the Stejskal-Tanner method is applied in 
the read direction. Gd is the amplitude, 6 is the duration of each gradient pulse and 
A is the time interval separating their onset. The diffusion gradient pair can also be 
applied in one of the other two directions or in all three directions (slice-selection, phase 
and readout) simultaneously. The slice-selection gradient is not shown in this timing 
diagram.
additional signal attenuation due to diffusion. The first gradient is applied for a 
time Ô and causes spins a t a position xi  to accumulate an additional phase shift 
of (j)(S, Xi):
( f ){ô,xi )  =  7 /  G D { t ' ) x i { t ' ) d t .  
Jo
(2.16)
Then follows the 180° pulse which inverts the spins and reverses the phase to 
— xi).  After a tim e A the same gradient as before is switched on, giving now 
a phase shift of (j)(ô,X2 ). Only in the case of xi = X2 , i.e. if the spins are static, 
the phases add to zero. However, in the case of diffusion Xi ^  X2 and the phases 
do not cancel. This leads to the previously mentioned additional attenuation in 
the spin-echo signal and can for this particular case be w ritten as
S{b) = So exp 
hence the spin-echo signal decays with
5oexp[-6D ], (2.17)
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- T e
S s e ( T e )  = Soexp[-bD] exp . (2.18)
lo
The sensitivity to motion is determined by the so-called b-value, which is 
for the PGSE approach defined by Equation (2.17). Larger b-values can be ob­
tained through larger gradient amplitudes, longer duration gradient pulses or 
longer times between the gradient pulses. Potentially the acquisition of two im­
ages, one normal spin-echo image, 5(0), and one diffusion-weighted image, 5(6), 
provides the da ta  required to obtain an image whose contrast is due only to dif­
fusion.
It should be noted th a t the formula given in Equation (2.17) for b is strictly 
speaking only an approximation. It only holds for rectangular pulses, which only 
exist in the idealised experiment, and in fact it is only true if no other gradients 
are present. In an imaging experiment all gradient pulses present have to be taken 
into account for calculation of the b-value.
The signal attenuation for any combination of imaging/diffusion gradients can 
be calculated using the diffusion-modified Bloch-Torrey equations [119]. The gen­
eral expression of the signal attenuation in an isotropic medium is given by
In ^ = —D  \'k(t')\‘^ dt', (2.19)
where k  is the k-space vector, introduced in 1973 by Mansfield and Grannel [120].
k(t') =  7 r  (2.20)
Jo
In the spin-echo experiment G ( t”) is —G (f ')  for t” greater than Te /2,  i.e. 
after the 180° refocusing pulse a t Te / 2.
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Signal A tten u a tio n  in  B io log ica l S ystem s
In biological systems diffusion is restricted and D  has to be replaced by the 
ADC. It has to be considered th a t tissue water will be contained within multiple 
compartments, the most obvious division probably being the intra- and extra­
cellular environment. But also the existence of com partm entalisation within the 
intracellular environment, for example, between cytoplasm and nucleus, has been 
dem onstrated in NMR microscopy [121]. W ater is in a perm anent state  of ex­
change between all compartments. Each com partm ent will have a different ADC. 
This leads to the phenomenon of multi-exponential decay of the signal with in­
creasing b-value, rather than the single-exponential decay of Equation (2.17). In 
each com partm ent the signal decays with a single-exponential according to Equa­
tion (2.17). The measured signal is a combination of all these decays.
Usually only a two-compartment system, e.g. intra- and extracellular space, is 
considered when studying the signal behaviour. The signal attenuation of a diffu­
sion experiment will depend on the rate of exchange and diffusion time. Assuming 
the water spins remain in their own com partm ent during the diffusion time, th a t 
is in the lim it of so-called slow exchange^ the observed signal attenuation will be 
reflected by a bi-exponential decay of the form,
5(6) =  5q(/i exp[—6 ADCi] H- ^ 2  exp[—6 ADC 2 ]). (2.21)
In the other extreme of fast exchange where complete redistribution of water 
between the com partm ents during the diffusion time occurs, the signal a ttenua­
tion will show single-exponential behaviour, with the observed apparent diffusion 
coefficient being
ADC =  /lA D C i -H / 2 ADC 2 , (2.22)
where / i  and / 2  are the volume fractions and ADCi and ADC 2 are the apparent 
diffusion coefficients within each of the two com partm ents. In biological tissue an
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interm ediate regime between these two extremes is most likely and it is common 
practice to fit da ta  to the single-exponential decay model and to state  an averaged 
ADC [95].
On the scale of a typical imaging voxel not only diffusion in and between 
com partm ents has to be considered but also blood fiow through the microcapillary 
network, which due to the random  geometry can be viewed as an incoherent 
“pseudo-random” motion. In this context it is therefore often appropriate to 
talk about “intravoxel incoherent motion (IVIM) imaging” , which incorporates 
both, diffusion and pseudo-diffusion due to perfusion, rather than talking about 
diffusion-weighted imaging. IVIM images can then also be quantified on the basis 
of an apparent diffusion coefficient. This ADC will be equal to the tissue diffusion 
coefficient if diffusion is the only type of motion present in a single voxel. However, 
in the presence of blood fiow in the capillaries, higher ADC’s can be expected, 
this as a result of an additional term , Ap,  in the signal amplitude attenuation, 
Ao+p^ caused by perfusion in the presence of diffusion-sensitising gradients [105],
Apj^pih) — exp[—6D] Ap.  (2.23)
The additional am plitude attenuation, Ap,  will depend on the capillary geom­
etry, < / > ,  the mean velocity, < v > ,  of blood in the capillaries and the diffusion 
measurement time, tp.
Le Bihan et al. [105] modelled, as is illustrated in Figure 2.5, the capillary 
network by a network made up of straight segments. Under the assumption blood 
fiow changes capillary segments several times during tp  movement of water in 
the capillary network mimics the diffusion process as in a random walk. In this 
idealised model the attenuation, Ap,  can easily be calculated [105]
Ap{b) = exp
, < Z X u >
■b - = exp[-6D*]. (2.24)
6
The quantity < l x v >  /  6 has the units of a diffusion coefficient and is known
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as pseudo-diffusion coefficient, D*. In the cat brain <  I > and < v  > are 57 fim 
and 2.1 mm s“  ^ respectively, hence D* is 20 x 10~^ mm^ s " \  th a t is about 10 
times greater than  the diffusion coefficient measured in biological tissue [105].
In a simple two-compartment model, which in the following will be referred to 
as the IVIM model. Le Bihan et al. [105] described biological tissue by a volume 
fraction, fp ,  of water flowing and diffusing in the capillary network, where f p  only 
involves perfused capillaries. The rest of the water, which occupies (1 —/p ) , is only 
diffusing and this volume fraction corresponds to extra- and intracellular spaces. 
Exchanges between these two compartments take place. However, exchanges be­
tween water inside and outside the capillary network during the measurement 
time and differences in relaxation time between the com partm ents are neglected 
in the model. The IVIM model also assumes th a t D  is nearly the same in the 
extra- and intracellular environment and in the capillaries.
Under these assumptions the echo attenuation caused by diffusion and perfu­
sion in a single pixel can be w ritten as [122],
S s e { T e )  =  5 o {(1 -  f p )  e x p [ - b D ]  -f- f p  exp[-6D*]} exp
- TE
To
(2.25)
where D  and D* are the diffusion and pseudo-diffusion coefficients respectively. 
Hence, an in v ivo  measured signal will show bi-exponential decay behaviour with 
a rapid initial decrease as the microvascular signal is eliminated at relatively low 
6-values (0 - 300 s mm^ [123]), followed by a more gradual decline determined by 
the tissue diffusion coefficient.
However the single-exponential model can under certain considerations still be 
applied to analyse biological data, and an ADC determined by fitting a straight 
line on a semi-log plot. In the case of a single-exponential the signal decay due to 
“diffusion” can be written as
5(6) =  5o exp[-6 ADC], (2.26)
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Figure 2.5: For capillary flow the spin-echo attenuation, Ap*, is a function of blood 
velocity, v, and capillary geometry. On an imaging voxel level the capillary network can 
be modelled as a succession of straight segments of mean length I Assuming blood flow 
changes segments several times during the spin-echo experiment, movement of water 
in capillaries looks like a diffusion process - that is a random walk - and a pseudo­
diffusion coefficient, D*, can be defined, the value of which would be defined by ü and/ 
(from [105]).
and the ADC can be derived as
A D C . y S p i .  ,2.27)
In the IVIM model the signal decays with
5(6) =  5o {(1 -  /p ) exp[-6D] -k /p  exp[-6D"]} (2.28)
and the ADC becomes D  if diffusion is the only type of motion, i.e. if f p  = 0.
Consider the case the /p  <K 1 and the signal is acquired with a b-value large 
enough so th a t the flowing component ( /p  exp[—6D*]) becomes negligible, th a t is, 
( /p  exp[—6D*]) <C (1 — fp) ,  whereas diffusion causes only a m oderate attenuation 
to the echo signal. This is possible because D* > D.  The IVIM signal can then 
be w ritten as
5(6) =  5o(l -  /p ) exp[-6D]. (2.29)
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Combining Equations (2.27) and (2.29) yields
A D C % D  +  A ,  (2.30)
with In (Y i^ ) % f p ,  f p  <C 1. Thus, the ADC reflects as expected both, diffusion 
and perfusion.
Figure 2.6(a) shows simulated IVIM data  for b-values ranging from 0 to 700 
s mm~^, D  = 1.25 x 10“  ^ mm^ s~^ (average value of water in biological tis­
sue [105]), D* — 2.0 X 10“  ^ mm^ s“ C D ata for two different perfusion fractions, 
f p  = 0.05 and f p  = 0.30, were simulated. The first is the mean perfusion fraction 
measured in ra t brain [105] and the second the mean perfusion fraction measured 
in rectal adenocarcinoma (see Chapter 4, Section 4.2). A single-exponential was 
fitted to the two decay curves yielding ADC’s of (1.31 ±  0.02) x 10“  ^mm^ s~^ and 
(1.8 ±  0.1) X 10~^ mm^ s“  ^ for f p  = 0.05 and f p  = 0.30 respectively. Fig­
ure 2.6(b) shows the same da ta  on a semi-log plot. Looking at the simulated data  
with f p  = 0.05 first, linear regression analysis to the full data-set yields ADC — 
1.29 X 10“  ^ mm^ s " \  th a t is an overestimation of D  of about 3%, which is due to 
the contribution of perfusion to the ADC. The perfusion fraction can be obtained 
from the intercept of the fit with the y-axis and is f p  = 0.03.
Equation (2.30) indicates the importance of high b-values if the “diffusion 
component” needs to be estimated, because the higher the diffusion-weighting 
the lower will be the contribution of perfusion to the ADC. This becomes even 
more im portant if the perfusion fraction is high as the case for the simulated data  
with f p  = 0.30 illustrates. F itting  a straight line to the full data-set gives ADC 
=  1.53 X 10“  ^ mm^ s " \  which means perfusion adds 18% to the expected D  
value. However, if linear regression analysis is performed to the “diffusion p a rt” 
only, th a t is to da ta  points “obtained with higher diffusion-weighting” where the 
signal due to perfusion can be expected to be eliminated, both D  and f p  can be 
accurately determined. In the simulated example shown these were data  points 
7 to 15 (350 <  b <  700 s m m “^). Linear fit to this part of the decay curve
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Figure 2.6: (a) Linear plot of simulated IVIM data for b-values ranging from 0 to 700 s 
mm~^. D = 1.25, D* = 20, /p ,a  0.05 and /p,o = 0.30. A double- and single-exponential 
are fitted to the data points. Single-exponential fit yields ADCa = 131 ±  0.02, ADCo 
= 1.8 =1= 0.1. (b) Semi-log plotted of the simulated IVIM data. Linear regression analysis 
to the full data-set yields ADCa = 1.29, ADCo = 153. Fit to the “diffusion part” only 
gives ADCo =  1.25 =  D. (Units of D, D* and ADC in 10“  ^ mm^ s“ )^
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gives A D C  = 1,25 x 10“  ^ mm^ = D  and f p  = 0.30, proving the validity 
of the single-exponential model. In practice, the problem will be to know which 
point to cut off a t and in the experiment noise will affect the measured decay 
curve causing additional problems. In C hapter 4, Section 4.2 the IVIM model 
and problems with the model will be discussed in further detail.
Faster Techniques are Required
In the previous section the fundamental pulsed field gradient method, as in­
troduced by Stejskal and Tanner more than th irty  years ago in a non-spatially 
resolved context was described. Imaging gradients were added by Taylor et al. [13] 
to give the first spin-echo DWI sequence, as illustrated in Figure 2.4. However, 
although still widely used as a method for determ ining D,  the sequence has one 
m ajor disadvantage: it is too slow.
The original m ethod requires the acquisition of one “unweighted” spin-echo 
image and at least one (preferably more) differently diffusion-weighted images. 
This makes it relatively slow and vulnerable to artifacts caused by motion during 
image acquisition. Essentially three sources of motion artifacts can be distin­
guished: (i) More than only one image have to be acquired and the subject might 
have moved between the acquisition of these images. This will lead to misregistra­
tion errors and the generation of incorrect ADC values, (ii) N atural rhythm s such 
as cardiac motion, respiration or blood flow in the presence of the strong diffusion 
gradients introduce phase modulations. These vary random ly between successive 
phase-encoding steps in each of the individual images giving an incorrect phase 
relation between the different lines of k-space data. On reconstruction, this will 
give characteristic ghosting artifacts in the phase-encode direction, (iii) Coherent 
motion during a single phase-encoding step will cause additional phase errors.
Macroscopic m otion is always problematic and considering diffusion measure­
ments are performed to make microscopic motion visible it should be readily un­
derstood th a t macroscopic motion at the same time makes this impossible. DWI
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was therefore long restricted to areas “w ithout” macroscopic movements such as 
the brain. And as already pointed out routinely performed clinical DW MR exam­
inations are still only done for the head. But even in head scans motion artifacts 
occur, this despite the fact the head can be “fixed” , so suppressing involuntary 
patient motion, the reason mainly being pulsatile brain motion.
2.5 DW I w ith Single-Shot Imaging Techniques
In recent years the focus has been on single-shot imaging techniques due to 
the improved SNR per unit time and the elimination of motion artifacts. The 
complete set of echoes needed to form one image is obtained within a single 
acquisition. In this paragraph different single-shot imaging techniques and their 
suitability for diffusion-weighted imaging will be discussed.
2.5.1 Echo-Planar Imaging (EPI)
EPI (JEcho-Planar Im aging) was introduced in 1977 by Mansfield [12] and 
co-workers [124]. The sequences are characterised by a series of gradient reversals 
in the readout direction whereby each reversal produces an echo. These gradi­
ent reversals can be performed very rapidly, hence, echo-planar images can be 
acquired as a single-shot image in times less than 150 ms, thereby eliminating 
virtually all motion artifacts. The actual acquisition time will depend on the res­
olution required. Two types of pulse schemes are common to phase-encode each 
echo. The first employs a constant phase-encoding scheme. The phase-encoding 
gradient is applied continuously throughout acquisition. A preparatory phase- 
encoding pulse is applied, then each echo is acquired with a different amount 
of to ta l phase accumulation, i.e. k-space is sampled in a continuous “zig-zag” 
fashion (Fig. 2.7(a)). Alternatively a “blipped” phase-encoding technique can be 
used. Here a small am plitude phase-encoding gradient pulse is applied prior to 
each sampling period. No phase-encoding gradient is applied during readout so
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Figure 2.7: Single-shot GE-EPI concept. After a single RF excitation an oscillatory 
gradient is applied along the readout direction to generate multiple echoes. These echoes 
are phase-encoded independently and scan the entire k-space to form an image. Two 
different phase-encoding schemes are possible: (a) A constant phase-encoding gradient is 
applied during the entire readout module and k-space is sampled in a “zig-zag” fashion, 
(b) A blipped phase-encoding gradient is used and the sampled k-space trajectory is 
C O -linear with the Cartesian grid. ES denotes the echo spacing and TE is the echo 
time defined as the time between excitation pulse and the echo acquired with zero 
phase-encoding.
the phase-encoding for each echo is constant and the raw d a ta  m atrix  is acquired 
in a rectilinear fashion (Fig. 2.7(b)).
The single-shot technique places high demands on the gradients and dedicated 
hardware is needed to perform fast gradient switching. Over the last few years, 
though, more and more clinical sites have met the specialised hardware require­
ments and the use of a PFG sequence with EPI readout [125] has become the 
method of choice for intra-cranial scans (Fig. 2.8). The technique however, is es­
pecially vulnerable to distortion and signal drop-out due to susceptibility artifacts 
and to the misregistration of the fat signal [29, 126], making the technique as it is 
not feasible for extra-cranial diffusion imaging. Various techniques are currently
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Figure 2.8: Single-shot diffusion-weighted GE-EPI sequence. Bipolar pairs of diffusion 
gradients of equal amplitude and timing are applied after excitation along all three 
directions.
under development to reduce or eliminate these problems and in recent years first 
reports of DWI of abdominal organs [18, 19, 127], mainly the liver [127, 128, 129] 
and prostate [23, 130], have been published. Chapter 6  will deal in greater detail 
with the EPI technique and the development of a segmented EPI sequence for 
diffusion imaging of the abdomen.
2.5.2 Fast Spin-Echo Sequences
A different fast-DW I approach is obtained by the combination of the PGSE 
concept with the fast spin-echo (FSE) imaging sequence [131].
Turbo-spin-echo sequences are similar to standard multi-spin-echo sequences 
in th a t multiple 180° pulses are applied to produce multiple echoes following a 
single excitation pulse. Each echo in a FSE sequence is acquired with a different 
phase-encoding gradient as well as a different echo time, so th a t after n  refo­
cusing pulses n  lines of k-space are sampled in a single shot. An example of a 
single-shot FSE sequence is single-shot RARE (Rapid Acquisition with Relaxation
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Figure 2.9: Timing diagram of a diffusion-weighted single-shot RARE sequence with a 
DW-SE preparation period.
Enhancem ent) [131]. The sequence diagram with a preceding diffusion-weighting 
SE module is shown in Figure 2.9. The number of possible k-space lines acquired 
with a FSE sequence is limited by the T2 -decay th a t affects the signal. To improve 
the situation a half k-space acquisition can be employed to produce ultra-fast im­
ages with relatively high resolution. This technique takes advantage of the intrin­
sic symmetry of the raw data  m atrix to reduce the scan time. As only 60% of the 
raw data m atrix are sampled, the technique is also referred to as partial Fourier 
sampling. The missing raw data  are extrapolated from the measured data  [132]. 
This sequence type is commercially known as HASTE (E alf-E ourier Eingle-shot 
Turbo spin-echo) [36]), and preliminary studies showed the usefulness of HASTE 
for diffusion-weighted imaging [133]. First intra-cranial diffusion-weighted images 
yielding promising results [134] have been reported in the literature. Chapter 7 
will deal with this approach in detail.
Problems inherent in FSE sequences are: (i) image blurring in the phase- 
encoding direction due to the difference of T^-weighting between the first and last
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echo; (ii) the low signal-to-noise ratio due to high acquisition bandwidth, and, in 
some tissues, due to short T2 ; (iii) large RF power deposition due to the many 180° 
RF pulses used to refocus the magnetisation; (iv) high demands on the gradient 
system due to the large number of fast gradient switching steps [29, 126].
2.5.3 Fast Gradient-Echo Sequences
Fast gradient-echo sequences can reduce the scan time into the seconds range 
by using low-flip-angle RF excitation pulses and short repetition rates, Tr . Dif­
ferent “groups” of fast sequences can be distinguished.
Spoiled Gradient-Echo
The simplest is the fast spoiled gradient-echo sequence commercially known as 
FLASH (F ast Low Angle SHot). Using a rapid succession of small-angle excita­
tions the entire k-space can be swept out in a short period of time [124]. The rapid 
repetition of the sequence, though, can result in interference from echo coherence 
in the transverse magnetisation. Therefore, the transverse m agnetisation is de­
phased by applying a high am plitude gradient pulse, the “spoiler” or “crusher” 
gradient pulse a t the end of each readout period [135]. It has been reported a 
high-gradient, rapid-acquisition application of this method, snapshot-FLASH or 
TurboFLASH, enables an entire k-space to be obtained in a time of the order of 
100 ms [124].
For DWI a pulsed-field gradient version of magnetisation-prepared (MP) Tur­
boFLASH [136] has been proposed (Fig. 2.10). In the MP approach the second 
90° pulse of the preparation module is phase-cycled in order to avoid eddy-current 
induced inhomogeneities. These lead in DW snapshot FLASH to incomplete re­
focusing of the m agnetisation during the preparation and to incorrect ADC val­
ues [136]. One distinct problem with this sequence type, however, is th a t the 
delay time between the acquisition of the diffusion-weighted images has to be
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Figure 2.10: Diffusion-weighted TurboFLASH sequence. The diffusion preparation pe­
riod of length Tep consists of a 90° - 180° - 90° RF pulse scheme with diffusion gradients 
placed around the 180° pulse. After preparation spoiler gradients are applied to spoil 
residual transverse magnetisation. The imaging sequence that here follows is gradient- 
spoiled snapshot-FLASH.
at least as long as the longest T\ in the region of interest. In the abdomen the 
expected T i’s are in the range of 400 to 1000 ms. For shorter delay times a sys­
tem atic error is introduced which causes the calculated ADC values to be too 
high. Another problem is th a t the images produced by standard TurboFLASH 
can be heavily contam inated by Ti-effects due to relaxation before and during the 
imaging period, which is typically several 100 ms. The effect can be reduced by 
using centre-out phase-encoded snapshot-FLASH [137] but this has the drawback 
of image blurring caused by the low-pass k-space filter effect [136].
Refocusing Gradient-Echo
A second group of gradient sequences belongs to a class of techniques known 
as refocusing gradient-echo sequences or steady-state free precession (SSFP) se­
quences, which require repetition times in the order of, or less than  [138]. 
R ather than spoiling the transverse coherence it is preserved and after a few rep­
etitions a steady-state value is reached, where both longitudinal and transverse
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Figure 2.11: An SSFP sequence with flow and diffusion sensitivity in all three directions. 
The effective gradient, which determines the diffusion sensitivity, has to be kept constant 
in each SSFP cycle to establish a steady state. This is accomplished by rewinding the 
phase-encoding gradient, which amplitude varies from cycle to cycle.
components of M are present. Rephasing gradient pulses are applied in all three 
directions to m aintain the transverse magnetisation as much as possible. De­
pending on the placement of the rephasing part of the slice-selection gradient, 
whether the SSFP FID will be rephased and the SSFP echo suppressed (FAST 
(Fourier-Acquired STeady  state)) or vice versa (CE-FAST (C ontrast-Fnhanced 
FAST) [124]. By balancing the read gradient, both the echo and the FID in 
superposition can be acquired (FISP (F ast Im aging S'teady Precession)) [124].
It has been reported th a t these SSFP sequences are strongly sensitive to self­
diffusion [34, 35, 139] if a gradient pulse pair is added. Most standard SSFP 
imaging pulse sequences can be used [34], FISP or PSIF (reversed FISP) being the 
most common ones. The technique has the drawback, though, th a t the measured 
signal depends in a rather complicated way on D, Ti, T2 , the flip angle and 
the gradient param eters [34] making it not suitable for quantitative in vivo DWI 
studies.
In general the m ajor problems with fast gradient-echo methods are they suffer 
from lower signal-to-noise ratio, increased susceptibility due to magnetic field
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inhomogeneities and they exhibit increased artifacts from eddy currents produced 
by the pulsed gradients [29] and gradient-related artifacts may be amplified in 
DW versions due to the high diffusion gradients.
2.5.4 From 1-D to 2-D: Line-Scan Diffusion Imaging
An “experimental” technique tested for diffusion-weighted imaging is single­
shot line-scan diffusion imaging (LSDI) [140, 141]. Line scan techniques have been 
used for in vivo spectroscopic studies [142] and quantitative flow and diffusion 
measurements [93]. However, the ID profile technique lacks the anatom ical detail 
present in 2D methods. Modifications to obtain 2D imaging sequences based on 
ID techniques have therefore been proposed in the literature [143]. In more recent 
publications the possibility of using the technique for diffusion imaging has been 
shown. It has been reported th a t LSDI is insensitive to bulk m otion artifacts and 
susceptibility artifacts making it a useful technique for diffusion imaging of the 
abdomen. However, the main lim itation of the line-scan technique is the inherently 
low signal-to-noise ratio. In line-scanning only a single column contributes to the 
NMR signal as opposed to regular 2D spin-warp Fourier imaging [6 ] in which the 
signal originates from the complete slice, reducing the SNR by the square root 
of the number of lines acquired [140]. W hether DW single-shot line-scan imaging 
will reach general diagnostic quality remains to be seen.
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Chapter 3 
Diffusion-W eighted Burst 
Im aging
3.1 Introduction
In 1978 Morris and Freeman [26] introduced a new technique for selective 
excitation of narrow frequency regions of high-resolution NMR spectra. Their 
proposal was to use an excitation scheme of a series of identical RF pulses of 
small flip angle, a , because this, as they argued, must exert a strong cumulative 
effect on m agnetisation close to resonance. All other m agnetisation, however, 
would precess through an incomplete number of full rotations between pulses and 
therefore would be caught by successive pulses a t an ever-changing phase of their 
precession, this should destroy the cumulative effect.
They proposed to name the sequence DANTF, alluding to the repetitive cir­
cular journeys made by Dante and Virgil in “Purgatorio” , the second section of 
Dante Alighieri’s “La Divina Commedia” , akin to the trajectories undergone by 
off-resonance spins.
Although Morris and Freeman proposed DANTF (Delays A lternating with 
V utations for T ailored Dxcitation) for NMR spectroscopy the excitation scheme
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was soon used for imaging experiments too. The first imaging sequence was sug­
gested in 1988 by Hennig and Mueri [27], which was followed by a number of pub­
lications, suggesting improvements [29, 144] and proposing new sequences [145, 
146, 147, 148] based on the DANTE excitation. In the first part of this chap­
ter the original Burst imaging sequence DUFIS (DANTE D ltra-F ast Im aging 
5equence), as proposed by Lowe and Wysong [29] in 1992, and Zha and Lowe’s 
improved sequence OUFIS (Optimised D ltra-F ast Im aging Sequence) [144] will 
be introduced. These form the basis of a quantitative diffusion-weighted Burst se­
quence, first proposed by W heeler-Kingshott et al. [149]. This DW -Burst sequence 
I investigated thoroughly with my work.
In phantom studies performed on a 2.35 T small bore scanner Doran and 
Décorps [150] showed in “spectroscopic” mode, one can use the Burst sequence to 
extract the bulk diffusion and T^-values of a sample in a single-shot (40 ms) and 
ID profiles of these param eters can be obtained. W heeler-Kingshott et al. [149] 
dem onstrated in animal studies performed in vitro and in vivo on male W istar 
rats the potential of using Burst for diffusion-weighted imaging (DWI). Wolber 
et al. [151] implemented the proposed sequence on a 1.5 T  clinical whole-body 
scanner to continue the preliminary work on animals to in vivo studies of human 
subjects in a clinical environment. In the first part of this chapter the background 
to the Burst technique and Burst imaging is provided and the second part of this 
chapter deals in detail with the Burst-diffusion imaging sequence. First human in 
vivo results will then be presented in the following Chapter 4.
3.2 Burst Theory: The DANTE Excitation
The proposed excitation scheme comprises the application of a series of N  
low-flip-angle a-pulses of duration St and constant am plitude Bi  in a direction 
orthogonal to the main field B q, which for this discussion will be aligned with the 
z-direction of the laboratory frame defined by three orthogonal unitary vectors
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X, ÿ  and z, th a t is Bq = B q z. a  indicates the flip angle of each pulse, where 
a  <C 7t / 2 . The separation from centre to centre of the individual pulses will be 
given by a delay t  ^  St.
Let us consider the behaviour of the to tal magnetisation, M , in the presence 
of the static magnetic field, B q , and a field offset, A B ,  caused for example by 
a magnetic field gradient, G, in direction z. The spins will precess around the 
z-axis with a frequency given by Larm or’s equation
LÜ — ^ B q +  y G  • z — ujq T Acj, (3.1)
where luq is the Larmor frequency and Aco is the frequency offset due to the pres­
ence of the magnetic field gradient G. Introducing a ro tating frame of reference, 
which rotates at the Larmor frequency ujq = jB q  around z and is defined by the 
three orthogonal unitary vectors, x', ÿ ' and z' =  z, the precessional frequency 
simply becomes uj =  Aw. The behaviour of the to ta l m agnetisation then only 
depends on the time, t, and the frequency shift. Aw, introduced by the applied 
gradient pulse, th a t is M  =  M (t, Aw). In the same frame of reference the direc­
tion of the excitation pulse, B i, can be assumed to coincide with one of the two 
axis orthogonal to z: for example x'.
In equilibrium, th a t is before application of the first excitation pulse, M (0, Aw) 
is aligned along the z-axis. The first a-pulse applied along x' for a time St flips the 
m agnetisation M (^t, Aw) by an angle a  =  cuiSt around x'. During the time the 
excitation pulse is employed the m agnetisation precesses around x' a t frequency 
Wi =  j B i .  In the time interval, r  — St, between the first and the second pulse 
M (t, Aw) precesses around z in the lab frame. The on-resonance component of 
M , which is M (t,0 ), precesses a t the Larmor frequency wq. This means in the 
rotating frame th a t the position of M (t, 0) does not change throughout the delay 
T — St. Therefore, the second a-pulse finds the m agnetisation in the plane defined 
by y '  and z and its effect on the m agnetisation is to ro tate  it by another angle 
a  around x'. This happens for each one of the N  Of-pulses in the DANTE pulse
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Figure 3.1: Representation of the magnetisation processing under a DANTE excitation 
pulse train. The initial magnetisation, Mo(0, Aa;), is aligned with the main field along 
z. The first RF pulse along x' tilts it by an angle a = —jB iS t  towards ÿ'. The 
magnetisation, M(St, Auj), starts processing around z at the frequency offset Aw =  
—j A B  for a time, r , until the next pulse is applied. Maximum excitation happens for 
the isochromates that are in the plane defined by ÿ' and z at the time, when an RF 
pulse is applied.
train  and at the end of the excitation pulse train, after the to tal time t = N r ,  the 
m agnetisation M (t, 0) has been rotated by an total angle, atotai, given by
«total =  N jB iS t .  (3.2)
If «total is equal to 90°, then M (A r, 0) is, as shown in Figure 3.1, aligned with
ÿ'.
The components of M (t, Aw) which are off-resonance, tha t is spin isochromates 
for which Aw /  0, experience the same rotation around x ' during the application 
of each «-pulse (|wi| »  |Aw|). However, during the delay r  they undergo an extra 
precessional motion around z. In fact, during r  the m agnetisation corresponding 
to the offset Aw, M (t, Aw), rotates by an angle 9 around z, where 9 = rAw.
The trajectory each component M (t, Aw) describes, is the combination of a  
nutations around x ' alternated to 9 rotations around z. The maximum excitation 
is reached when 9 is an integral number, m, of complete revolutions around z, i.e. 
when 9 = rri' 27t. This means th a t after each time interval, r ,  from the beginning 
of the «-pulse, the magnetisation, M (/r, Aw), is again in the plane defined by
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ÿ ' and z, hence, aligned with the on-resonance component of the m agnetisation 
M (/r, 0). For these isochromates the overall effect is a cumulative rotation about 
the x'-axis in a number of small steps, while for those characterised by a different 
frequency offset, with 9 ^  m -  27t, the cumulative effect of the DANTE excitation 
does not take place.
Having described the circular descending trajectory the tip  of the m agneti­
sation vector undergoes in the rotating frame of reference, one will surely agree 
tha t the name DANTE was well chosen. It turns out to be the exact reverse of 
the souls’ ascent in Purgatory, who progress toward Heaven by circumnavigating 
a series of ten circular ledges, one above the other, running around a mountain.
A detailed m athem atical analysis of the DANTE excitation based on the Bloch 
equations was derived by Morris and Freeman [26] and Canet et al. [152], confirm­
ing the pictorial description given here. An im portant result of their m athem atical 
analysis occurs for the case where the flip angle of each sub-pulse is small enough 
so th a t « to ta l  =  N a  <C 90°. In this situation, the approximations cos «  % 1 and 
s in «  % «  are valid. This means the magnetisation, M , can be assumed to stay 
close to the z-axis, ~  Mq, and each pulse of the DANTE excitation “acts 
independently from the others” . This is known as linear approximation in which 
no higher order stim ulated echoes occur [26, 146, 149] and is im portant when 
considering the Burst sequence for DWI (Sec. 3.4). According to the linear ap­
proximation hypothesis, the transverse m agnetisation created by previous pulses 
is not affected by successive ones, but keeps precessing around z with the fre­
quency offset Aw. The frequency spikes of the excited spectrum  are separated by 
1 / r ,  which means full excitation happens only for isochromates corresponding to 
frequency offsets Aw =  m • 27r/r, with m equal to an integer, a fact th a t has also 
been shown in the qualitative description given above.
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3.3 Burst Imaging
3.3.1 The “Original” Burst Imaging Sequence: 
Single-Phase DUFIS
The essential components common to all Burst-type sequences are excitation 
with a series of short low-flip-angle RF pulses — the DANTE pulse train  — and 
consecutive acquisition of the echoes corresponding to these RF pulses [27].
In the original DANTE Ultra-Fast Imaging Sequence (DUFIS) [153] one spin- 
echo is refocused from each «-pulse corresponding to one line in k-space. The 
string of N  RF pulses used to excite the sample is applied a t a short interval 
r  in the presence of a constant magnetic field gradient Gexc- The «-pulses are 
usually short hard pulses and so, following the excitation, the m agnetisation is 
refocused using a 180° slice-selective RF pulse, generating the aforementioned 
tra in  of echoes. Each spin-echo appears in reverse order, th a t is echo I corresponds 
to pulse N  — I — 1, 0 <  I < N  — 1. Phase-encoding of the echoes is performed 
using either a blipped gradient or a constant gradient switched on during the 
acquisition period. In either case the phase-encoding gradient is preceded by a 
negative gradient pulse in order to scan k-space from the negative to the positive 
extreme (Fig. 3.2(a) and (b)).
The spin-echoes resulting from each RF pulse are acquired in a single shot to 
form a 2D k-space da ta  set. The image is reconstructed performing 2D Fourier 
transform (2D-FT) of the acquired signal, similar to conventional MR imaging, the 
difference between Burst imaging and conventional MR imaging lying in the tem ­
poral relationship between RF excitation and data  sampling. Signal acquisition 
begins after a train  of RF excitations in Burst imaging, whereas in conventional 
MRI data sampling follows each single excitation [154].
In the sequence discussed here spin-echoes are acquired. The signal can theo­
retically also be retrieved as a train  of gradient-echoes [27, 154] if, for example, the
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Figure 3.2: (a) The original DANTE Ultra-Fast Imaging Sequence (DUFIS) with N  
excitation pulses of the same flip angle a  and a constant RF phase. Each «(-pulse cre­
ates transverse magnetisation. The dephasing of the spins is reversed by the 180°-pulse, 
applied at Te ,i/2 and a spin-echo is created at time Te ,i. The echoes are acquired 
in reverse order with respect to the excitation. Phase-encoding is performed during 
acquisition, each echo experiencing a different phase-encoding gradient, hence corre­
sponding to one line in k-space. The negative high-level pulse applied at the beginning 
of the phase-encoding gradient determines the position of the central line in k-space. 
(b) k-space diagram of DUFIS using the constant gradient scheme shown in (a).
180°-pulse is replaced by a gradient reversal. This technique, however, exhibits 
certain problems. First of all, because of the hard pulse nature of the excitation, 
it is not slice-selective and the introduction of a slice-selective gradient would be­
come necessary. Second, 71^-weighting of the gradient-echoes would lead to signal 
loss in areas of susceptibility changes and B q inhomogeneities. Therefore the ac­
quisition of spin-echoes remains the method of choice to refocus the echoes from 
the spins excited by the Burst pulse train.
3.3.2 W hy Burst Imaging?
The Burst-technique has certain advantages, especially in view of imaging the 
abdomen and pelvis, which makes it favourable over other single-shot techniques 
such as EPI. These gains, however, have to be weighed against certain disadvan­
tages. And as these are intrinsic to the Burst sequence, there are no definite 
solutions, only ways of reducing the negative effects to maximise the benefits.
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A d van tages o f D U F IS
The original implementation of the single-shot technique described here is, 
as are other single-shot techniques, capable of producing complete images on 
a tim e scale varying from 10 to 1 0 0  ms [126, 144, 153, 154]. However, since 
spatial encoding can be introduced into the echo train  using very few gradient- 
switching steps, the technique is less demanding with regard to gradient slew 
rates. For example, EPI or other imaging techniques, which use fast gradient- 
reversals for the acquisition of the echoes, need dedicated hardware th a t is not 
always available. Less gradient switching also has the benefit of reducing eddy 
current effects [27, 29], hence image distortions, and in addition spin-echo Burst 
is, because each acquired echo is a full spin echo, almost completely insensitive to 
susceptibility changes and magnetic field inhomogeneities [145], making it an ideal 
candidate for extra-cranial imaging. For this reason also no chemical shift artifacts 
in the phase-encoding direction occur and no pre-fat-saturation is required, as it 
is the case with EPI. In a clinical setting the technique has the advantage of being 
acoustically very quiet [126, 148] and RE power deposition constitutes, due to the 
very low flip angles, no problem [27].
D isadvantages o f D U F IS
In DUFIS the value for the flip-angle, a, has to be restricted to approximately 
7 t / 2 A ,  s o  th a t a t the end of the excitation period the spins are nutated  90° onto 
the x 'y '-p lane and the maximum to tal echo amplitude is obtained. Using a larger 
flip angle would overnutate the spins past the transverse plane resulting in the 
reduction of the overall signal amplitude. For 64 RF pulses a  should therefore be 
less than 1.406°, resulting in images with poor signal-to-noise ratio (SNR) [144].
Another problem using Burst are decay processes, which have been neglected 
in the discussion above. The echoes are like a normal spin-echo affected by T2 - 
decay. Here the position of the echo in the echo train  determines the attenuation
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of its amplitude. If Te ^  is the echo time of the first echo, which has been created 
by the last pulse, the echo time of the successive echoes can be expressed in terms 
of the pulse separation, r ,  as follows
Te ,I = Te ,o +  / • 2r, (3.3)
where I indicates the echo number and 0 < I < N  — 1. Hence, each echo will be 
affected by a different attenuation factor, leading to an imbalance between the two 
halves in k-space, causing image blurring. In a similar fashion diffusive molecular 
motion affects the Burst echo train. This can be understood considering th a t the 
excitation/ readout gradient acts as a Stejskal-Tanner diffusion gradient pair [15]. 
In the Burst experiment the transverse m agnetisation created by the individual 
pulses evolves under different excitation gradients, m agnetisation created by the 
first pulse experiencing the longest gradient. Since the diffusion attenuation de­
pends not just on the gradient am plitude but also on the time the gradient is 
applied and the tim e between the effective gradients the first echo will show less 
diffusion attenuation than  the successive ones. This, although a problem in Burst 
imaging proves invaluable when considering the Burst sequence for DWI.
3.3.3 The Optim ised Ultra-Fast Imaging Sequence: OUFIS 
T he S ign a l-to -N o ise  P rob lem
In multi-pulse experiments, when the RF excitation pulses are separated by 
equal tim e intervals and have the same phase, as it is the case with DUFIS, the 
excitation is, because it covers only narrow bands of frequency (see Figure 3.3), 
highly spatially selective. The profile of the transverse m agnetisation in the fre­
quency domain corresponds to a series of frequency spikes separated by Acu, de­
termined by 1 / r ,  the interpulse spacing in this domain. Applying the DANTE 
pulse train  together with Gexc will transform the frequency spectrum  into a spatial 
profile by associating the frequency offset of the fully excited spin isochromates
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Figure 3.3: Principle of Burst excitation (left: time domain, right: frequency domain). 
Time domain: The DANTE pulse train (d) can be interpreted as a finite comb of N  
delta functions separated by r  (b), convoluted with a top-hat function of length 6t (a) 
and multiplied by a Heaviside window of width N t . Frequency domain: The Fourier 
Transforms (FT’s) of these standard functions are well known and the convolution 
theorem can thus be used to deduce the FT of the pulse sequence, which describes the 
magnetisation. The comb of N  discrete spikes separated by 1 /r  (d) is obtained by 
multiplying the FT of the top hat function - a sine function with zero crossing width of 
A'ïï/ôt (a) - with the FT of the train of delta functions - another train of delta functions 
with a separation of 1 /r  (b), convoluted with the FT of the Heaviside window function 
- another sine function of width 4 7 r/A^r (c).
Aw =  m • 27r/r to a spatial positions x.
X =  m
27T
(3.4)
where Ge^c is the gradient strength during excitation. The width of these discrete 
bands is approximately one N^^ of the spatial separation. A x ,  of the bands. This, 
however, is exactly the w idth of one DUFIS imaging pixel, which can easily be 
shown. The pixel w idth is given by A x  = FO V x/N .  W ith the field-of-view 
being defined as FOVx = 27rBVUacq/7Gacq and BWg^cq — N / t  this becomes A x  = 
27r/7GacqT. In Burst imaging Gæq =  Gexc = G^ read which means only one spike 
per pixel and hence only one N^^ of the available magnetisation will be excited.
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Thus, in the spectral picture the SNR problem of DUFIS is a direct result of 
the poor use of available magnetisation.
Considering the problem from a temporal point of view, the poor image quality 
is a result of destructive interferences between the different types of echoes, which 
are produced in any multi-pulse experiment. These are the prim ary echoes with 
amplitudes proportional to sin a, which are generated by the individual a-pulses, 
and higher order echoes coming from interactions between two or more a-pulses. 
Their am plitudes are proportional to sin^ a, where k is called the echo order and 
/c >  3 is an odd integer. Superposition of higher-order echoes causes destructive 
interference resulting in non-uniformity of the echo envelope. To avoid the excita­
tion of higher-order echoes the linear response theory has to be satisfied, i.e. N a  
needs to be less than  90°. So again this means th a t for an excitation train  of 64 
pulses a flip angle of the order of 1° has to be used, resulting in the low SNR of 
the acquired images.
P h a se-M od u la tion  o f  th e  D A N T E  P u lse  Train
In order to reduce destructive interactions among the excited spins and to 
allow a higher flip angle to be used Zha and Lowe [144] proposed to apply a 
phase-modulation to the excitation pulse train. They called their approach OUFIS 
(Optimised U ltra-F ast /m aging Sequence).
Their argument was th a t the “spin packets”  ^ which generate the N  spin- 
echoes are in single-phase DUFIS strongly “coupled” . From th a t it can readily 
be understood th a t each of them can on average only form an echo of am plitude 
M q/N ,  because the arithm etic sum of these am plitudes cannot exceed the to tal 
magnetisation M q. But, if the spin packets could be made “orthogonal” to each 
other, so th a t the echoes form along orthogonal directions, the resultant average 
echo am plitude could in the ideal case reach M q/y /N .  The reason is only the
 ^With the term spin packets Zha and Lowe [144] describe the transverse spin phase coherences 
that are generated by the N  excitation pulses and yield the N  spin-echoes.
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Figure 3.4: (a) The timing diagram for the optimised two-phase ultra-fast imaging 
sequence (Two-Phase OUFIS) is shown. The DANTE excitation pulse consists of 9 
0° and 180° phased RF excitations of flip angle a. (b) Excitation phase sequence of 
Two-phase OUFIS for 16 RF pulses (from [144]).
vector sum of the echo am plitudes has to be equal to M q. This would potentially 
bring a gain of V N  to the imaging SNR.
Zha and Lowe [144] published tables of phase modulation schemes for different 
numbers of excitation pulses based on two angles, 0° and 180°. Figure 3.4 shows 
the timing diagram for a two-phase optimised DUFIS sequence. The proposed 
excitation scheme for (a) 9 and (b) 16 excitation pulses is graphically shown.
W ith phase-modulation the flip angle, a, can be increased by a factor of y/N ,  
hence Offun =  7r / 2 \/]V. Zha and Lowe called this the “full” flip angle. For 64 
excitation pulses a  can be 11.25°. However, to further improve the uniformity of 
the echo envelope they suggest to use a somewhat lower flip angle, the “reduced” 
flip angle, «red =  7v/2y/2N = 7.69° (for 64 pulses).
3.4 Burst and Diffusion
In the previous section the theory which forms the basis of all Burst-based 
sequences has been presented. One of the intrinsic characteristics of this group of 
imaging sequences is th a t the train  of echoes acquired in a single-shot is affected 
by a combination of T^-relaxation and molecular diffusion decay. This leads to
3.4. BU RST AND DIFFUSION 61
an increasing decay of successive echoes, where the dom inant mechanism of the 
signal decay depends upon the type of sample used for imaging. For free water the 
diffusion process is predominant over T^-relaxation, while for water in biological 
tissue the two mechanisms lead to signal decays on very similar time scales.
For the following discussion relaxation effects due to T2 will, compared to the 
diffusion decay, be assumed negligible. The two effects can, as the processes are 
uncoupled [155], be combined at a later stage. Although it is possible to study the 
role of diffusion for Burst imaging without making any assumption on the excita­
tion pulse train  by recording the profile of the longitudinal m agnetisation [155], 
it should be pointed out th a t for the present analysis, the linear response theory 
must be valid. For th a t to be true two conditions must be satisfied: first, each 
of the elementary pulses must have a low flip angle, a, and the to tal flip angle 
on resonance, N a ,  must be smaller than 90°. Second, in order for the individual 
echoes not to overlap, Mk the Fourier transform  of the transverse m agnetisa­
tion Mx, must be a rapidly decaying function. This will depend on the sample 
size, the excitation/ readout gradient, the bandwidth and duration of acquisition, 
and the value of r. The m agnetisation produced by each excitation pulse can 
then be treated independently from the others. Doran and Décorps [150] showed 
tha t the diffusion behaviour is then simple to calculate. In this work, it is as­
sumed introducing the Zha and Lowe [144] phase-cycling scheme for the Burst 
excitation pulses allows to extend the linear approxim ation to larger values of a  
which are required for 2D-imaging. For example, if an echo train  of 16 excitation 
pulses is applied, with the 2-phase modulation scheme a flip angle «red =  15.92° 
(o^ fuii =  22.5°) can be used. For 9 excitation pulses «red can be as large as 21.21° 
(ckred =  30°). The phantom  results of Chapter 5, Section 5.7 show this to be 
approximately true, but with deviations th a t are measured.
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Figure 3.5: Sequence diagram for the “original” Burst-diffusion sequence. A spin-echo 
experiment has been modified by substituting the 90° excitation pulse with a DANTE 
pulse train applied together with the readout gradient. The phase-encoding and slice- 
selection gradient are kept as in the standard spin-echo experiment.
3.4.1 The “Original” DW -Burst Sequence
The excitation/readout gradient has the effect of a diffusion gradient-pair sim­
ilar to the one in the Stejskal-Tanner method. The transverse magnetisation, Mi, 
created by pulse I dephases during excitation and rephases during the readout 
lobe to build the signal of the echo. Only in the case where the spins are static 
are dephasing and rephasing equal and thus cancel. If diffusive motion is present 
the two processes will lead to signal attenuation. The attenuation of the echo 
is given by
Sdiff.i oc exp[-(7Gread)^i5?(Ai -  Si/3)D] oc exp(-6D ], (3.5)
where ôi and play the same role as the normal Stejskal-Tanner param eters S 
and A. 6i measures the length of time over which the diffusion gradient is applied 
and Ai is the diffusion time, here
(3.6)
3.4. BU RST AND DIFFUSION 63
and
&  =  To +  (^ z, (3.7)
where Tq is the delay between the end of the excitation gradient and the beginning 
of the readout gradient lobe (Fig. 3.5). From Equation (3.5) it is clear th a t for 
echo I there is a corresponding bi-value which depends on the diffusion tim e A/ 
and on the gradient length 5/. This means th a t in a single shot N  points of the 
diffusion decay curve can be sampled using DW -Burst.
As was outlined in Section 3.3, transverse relaxation also affects the echo train  
and it has been shown th a t T^-weighting depends on the echo number, /, via the 
echo time, T e ,i- Hence different echo amplitudes are affected by different factors
ST2 ,z (X exp
-T ;E,l (3.8)
T2
The overall signal of each echo is reduced by the product of diffusion decay 
(Eq.(3.5)) and T^-relaxation (Eq.(3.8)),
Si = S o e xp [ - ( jG )  0i {Ai -  ôi/3)D] exp E,l (3.9)
T2
For the principal Stejskal-Tanner experiment, as it has been described in Chap­
ter 2, Paragraph 2.4.3, one obtains
In =  —bD =  —T^G^6 ^(A — 6/3)D ,
for the spin-echo signal (Eq.(2.17)). The diffusion coefficient can be calculated if 
all the other param eters are known. So is the spin-echo signal obtained with no 
diffusion attenuation, conventionally acquired with the same sequence by remov­
ing the diffusion sensitising gradient, i.e. setting Go = 0.
In the case of the spin-echo Burst-diffusion sequence, however, the different 
echo times, Te i^, for each spin-echo have to be taken into account. And as the
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N-1
readout
Figure 3.6: Schematic example of a set of images as acquired with the Burst-diffusion 
sequence. Each image is reconstructed from a matrix of corresponding echoes acquired 
during each phase-encoding step. N  echoes are acquired for each of the M  phase- 
encoding steps and R  points are sampled per step yielding a matrix of dimension [M x 
N  X R], The data is as shown reformed into N  separate matrices of size [M x R].
diffusion gradient is also the read gradient, it is not possible to re-run the sequence 
with G =  0 to obtain 6 'o [30]. All acquired signals have thus to be normalised to 
the first one, leading to
I »  (  =  ~(b,  -  bo)D -
S{bo, Te ,o) %
(3.10)
In order to get diffusion-weighted images a second gradient, orthogonal to 
the diffusion gradient, has to be added, allowing the echo train  to be phase- 
encoded. The am plitude of the readout gradient is chosen so th a t each echo 
corresponds to a full line of k-space, acquired N  times with increased T2- and 
diffusion-weighting. The phase-encoding gradient is stepped as in a normal spin- 
echo experiment and the sequence repeated M  times as shown in Figure 3.5. 
Each repetition corresponds to a different phase gradient. Hence a da ta  m atrix 
of dimension [M x N  x  R] is obtained, where R  is the number of points per echo 
in the readout direction. After acquisition, the data is reformed into N  separate 
matrices, each one built up from corresponding echoes in successive echo trains. 
By Fourier transforming each m atrix individually a set of N  images of the same 
slice but with increased diffusion- and T^-weighting is obtained (Fig. 3.6).
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Once the diffusion-weighted images have been reconstructed, it is possible to 
build ADC and T2 maps on a pixel by pixel basis. In fact, the signal intensity 
of each pixel should decay through the images as predicted by Equation (3.9), 
according to the diffusion coefficient D  and the T2 relaxation tim e typical of each 
pixel. Hence on the appropriate conditions a double exponential fit of the data 
should result in the extraction of a T2 map and a map of the apparent diffusion 
coefficients a t the same time.
In the following chapter the first application of the quantitative DW -Burst 
sequence on human subjects will be presented with the aim to determ ine whether 
tum our ADC’s measured in vivo can predict treatm ent response in human locally 
advanced rectal adenocarcinoma.
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Chapter 4 
Q uantitative Diffusion MRI: A  
Clinical Study
4.1 Tumour ADC as a Predictor o f Treatment 
Response
4.1.1 Introduction
Colorectal cancer is the third most common malignancy in the United King­
dom accounting for over 35,000 new cases and 16,000 cancer related deaths per 
year [38, 39]. Treatm ent of locally advanced rectal cancer is still controversial 
and being justified on the basis of evidence-based studies [156]. The assessment 
of tum our response to conventional and novel therapeutic regimes continues to 
be based on morphologic size, although this is recognised as a poor indicator of 
the underlying biological activity in the tum our [75]. Thus, the ability to predict 
tum our response prior to the onset of treatm ent could be of considerable clinical 
benefit.
Diffusion-weighted magnetic resonance (MR) studies have recently shown the 
potential for assessing early response in animal and human tum ours. The m ajor­
67
68 CHAPTER 4. QUANTITATIVE DIFFUSION MRI: A CLINICAL STUDY
ity of these studies have assessed animal model tum ours receiving conventional or 
novel therapies. The number of human subjects assessed using this approach is 
very limited and confined to brain tumours. An in-depth discussion of these pre­
liminary reports has been given in Chapter 2, Section 2 .2 . In biological systems, 
as has been described in Section 2.3, diffusion-weighted MR techniques measure 
an apparent diffusion coefficient or ADC. The signal measured in tum our arises at 
least from two com partm ents, intracellular and extracellular space, where changes 
in the ADC may result from either a change in the extracellular water fraction, 
change in the intra- and extracellular diffusion coefficients or alterations in mem­
brane permeability or cellular diam eter [157].
The aim of this study was to determine whether there was an association be­
tween an in vivo MR based measure of the tum our water ADC and the response of 
locally advanced rectal adenocarcinoma to neoadjuvant chemotherapy and com­
bined chemo- and radiotherapy. The study also provided first information about 
the behaviour of tum our water ADC’s receiving treatm ent.
4.1.2 M aterial and M ethods 
S u b jects
Fifteen patients (11 male, 4 female) with moderately differentiated and locally 
advanced (T 3/T4) rectal adenocarcinomas (see Appendix A, Section A.4) were 
studied. The tum ours were classified by radiological and clinical criteria. In 
fourteen out of the fifteen patients, tum our regression values after chemotherapy 
alone and combined chemo- and radiotherapy were available. Hence, only results 
for these fourteen patients will be presented.
M R  Im aging P ro to co l
All examinations were performed on a 1.5 T whole body system (Magnetom 
Vision, Siemens Medical Systems, Erlangen, Germany) using a Siemens four-
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element body phased-array coil. Each subject was examined no more than one 
week prior to commencement of treatm ent, immediately after chemotherapy and 
at the end of combined chemoradiation. The MR imaging exam ination included 
quantitative diffusion and T2 imaging as described below. The to ta l imaging time 
was approximately 8  minutes. Conventional MR images were used to clinically 
assess and stage the tumour.
After localiser images were obtained (axial T2 -weighted images through the 
length of the lesion), diffusion imaging was performed with the quantitative Burst- 
diffusion imaging sequence introduced by W heeler-Kingshott et al. [149] and de­
scribed in Paragraph 3.4.1. The sequence consisted of a train  of 16 low flip angle 
a-pulses and a slice selective 180° pulse applied after excitation refocused 16 
echoes, each with different diffusion and T^-weighting but same phase-encoding. 
The sequence was repeated 128 times with different values of the phase-encoding 
gradient and a set of 16 images of the same slice but with increased diffusion and 
T2 -weighting was obtained (repetition time, 2000 ms, flip angle, 15°). b-values 
ranged from 0 to 346 s mm~^. The acquisition time for a complete 16-image 
dataset was 4 minutes 16 seconds. T^-related signal loss of the diffusion-weighted 
images was corrected for using T^-values generated by a standard  multi-spin-echo 
T2 -mapping sequence (repetition time, 1500 ms, echo times, 50 - 800 ms). The 
examination time was 3 minutes 13 seconds. Both sequences were performed with 
a m atrix size of 128 x 128, a field of view of 180 x 180 mm^ and a slice thickness 
of 10 mm. Tables 4.1 and 4.2 summarise the imaging and diffusion param eters 
used.
Tumour size was determined from the 7^-weighted images and expressed as 
the product of the maximal longitudinal and transverse diameters. Measurements 
were made on studies before, immediately after chemotherapy and at the end 
of chemoradiotherapy. Tumour response was classified according WHO (World 
Health Organisation) criteria [158]. Subsequently, “responders” were classified as 
individuals dem onstrating a greater than 50% decrease in maximal bi-dimensional
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Im aging param eters D W -B u rst sequence FSE  seq uence
T r /T e  (ms) 2000 /  13.48 - 71.08 1500 /  50 - 800
Tot. meas. tim e (s): 256 193
Flip angle (deg): 15 not defined
Slice thickness (mm): 1 0 1 0
Slice orientation: transverse transverse
Total no. of slices: 1 1
FOV height/w idth (mm): 180 180
No. of rows/columns in image: 128 128
Table 4.1: Imaging parameters of the Burst-diffusion and FSE T2 -mapping sequence, 
product tum our size whilst all others were termed “non-responders” .
C hem o- and R ad iotherap y  T reatm ent
All patients were recruited to study the use of neoadjuvant combined chemo- 
and radiotherapy prior to to ta l mesorectal excision. The neoadjuvant protocol 
lasted for 18 weeks and consisted of chemotherapy treatm ent with protracted ve­
nous infusion 5-fiuorouracil (5-FU) for the first 1 2  weeks. After 12 weeks combined 
chemoradiotherapy was undertaken for a further 6  weeks during which chemother­
apy with 5-FU was continued at a reduced dose. Radiotherapy was delivered in 
two phases, phase I delivering 25 fractions of 1.8 Gy and phase II delivering a 
boost of 3 to 5 fractions of 1.8 Gy. Surgery was carried out 4 to 8  weeks after 
completion of treatm ent.
P o st-P ro cess in g  o f D a ta
Images generated by a standard multi-spin-echo sequence were used to calcu­
late T2 values by means of linear regression analysis of the full dataset. The T2
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D iffusion  param eters D W -B u rst seq uence
No. of images: 16 (=  V , no. of echoes)
Flip angle, a  (deg) : 15
Pulse length, 6 t (/is): 2 0
Aquisition bandwidth, BWacq (kHz): 1 0 0
Diffusion gradient. Go  (mT m “ )^: 13.18 (=  Gexc =  Cacq)
5 (ms): 0.96 - 29.76
A (ms): 12.52 - 41.32
b-values* (s m m “^): 0.14 - 345.57
Table 4.2: Main parameters of the Burst-diffusion sequence, b-values are calculated for 
a FOV of 180 X 180 mm^.
map was used to correct the 16 Burst-diffusion images for T2 decay. After correc­
tion ADC values were calculated in similar fashion as the T2 values, th a t is linear 
regression analysis of the diffusion decay curves given by the natural logarithm of 
the pixel intensities of the 16 increasingly diffusion-weighted plotted against their 
associated b-values was performed. In this method the normalised intensity of 
the water signal was, after T2 correction, given by
=  exp[-(5; -  6 0 ) • ADC]. (4.1)
The tum our was outlined on the resulting ADC map by an experienced ob­
server and a mean tum oural ADC calculated. The mean ADC value for a region- 
of-interest (ROI) in sub-cutaneous fat was also measured. All numerical data  
analysis was carried out using IDL software (Research Systems, Inc., Colorado, 
USA).
A Pearson correlation coefficient assessed the association between the mean 
pre-treatm ent tum our ADC’s and the tum our size change post chemotherapy and 
following the end of chemoradiotherapy (SPSS v.lO, Chicago, USA).
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Figure 4.1: Fifteen out of sixteen images acquired with increased diffusion-weighting of 
a single transverse slice through the pelvis. The entire dataset (matrix size 128 x 128, 
16 different diffusion-weightings) was acquired in 4 min. 16 sec.
Figure 4.2; (a) An anatomical image of the pelvic region imaged acquired with a FSE 
sequence {Te  = 50 ms), (b) Tg map used for correction of the DW-Burst images (values 
on the greyscale bar are sec.), (c) Burst image with low diffusion-weighting ( 6  =  1.39 
s mm“ )^ and (d) ADC map calculated by means of linear regression analysis of the 
full Tg-corrected 16 image Burst-diffusion dataset (ADC’s on the greyscale bar are in 
10“  ^ mm^ s“ )^.
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4.1.3 Results
Figure 4.1 shows a representative dataset of fifteen out of sixteen diffusion- 
weighted images obtained with the Burst sequence. These were used in con­
junction with the T2 -weighted images, acquired im mediately after the acquisition 
of the diffusion-weighted images, to calculate the ADC map displayed in Fig­
ure 4.2(d). Figure 4.2(a) shows an anatomical image (the first of the 16 increas­
ingly 7^-weighted images) of the same slice (the calculated T2 map is shown in 
Figure 4.2(b)) and Figure 4.2(c) shows the second of the diffusion-weighted image 
acquired with a b-value of 1.39 s m m “ .^
In the following section, the unit of the ADC is always 10~^ mm^ s " \  but has 
been suppressed for the sake of brevity and readability.
The results of the correlation analysis are given in Table 4.3 and illustrated in 
Figure 4.3(a) and (b). The data  are presented as a percentage reduction in tum our 
size relative to  th a t before commencement of treatm ent. A negative percentage 
therefore indicates an increase in tum our size from the beginning of treatm ent. 
The mean percentage reduction in tum our size following chemotherapy was 32% 
(range -42% to 88%) and 40% (range -17% to 92%) at the end of the entire chemo- 
and radiotherapy protocol. At presentation the mean tum our ADC was 1.41 ±  
0.45 (range 0.89 to 2.20). The mean sub-cutaneous fat ADC at presentation 
was 2.57 ±  0.54 (range 1.78 to 3.47). Table 4.4 summarises the mean tum oural 
ADC’s measured a t presentation, following chemotherapy and after completion of 
treatm ent.
There was a strong negative correlation between the mean pre-treatm ent ADC 
and size of tum our regression following chemotherapy (r =  —0.67, p =  0.01) 
and the mean pre-treatm ent ADC and percentage of tum our regression following 
combined chemo- and radiotherapy (r =  —0.83, p =  0.001). By contrast, as one 
would expect, no correlation between the mean pre-treatm ent ADC for fat and 
the tum our regression, either following chemotherapy (r =  —0.01, p =  0.10) or 
chemoradiotherapy (r =  0.29, p =  0.33) was detected. In addition there was no
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C o rre la tio n  coeffic ien t r  
(P e a rso n )
p -v a lu e
Mean pre-treatm ent tum our ADC 
vs. % regression after CT -0 .6 7 0.01
Mean pre-treatm ent tum our ADC 
vs. % regression after CRT -0 .8 3 0.001
Mean pre-treatm ent fat ADC 
vs. % regression after CT -0 .01 0.10
Mean pre-treatm ent fat ADC 
vs. % regression after CRT -0 .4 4 1.00
Mean pre-treatm ent tum our ADC 
vs. bi-dimensional tum our size product 0.29 0.33
Table 4.3: Results of the correlation analysis for tumour and sub-cutaneous fat ADC’s 
vs. % regression after chemotherapy (CT) and combined chemo- and radiotherapy 
(CRT).
correlation (r =  0.29, p =  0.33) between the mean pre-treatm ent tum our ADC 
and the size of the tum our measured as the maximal longitudinal and transverse 
product on T2 -weighted images.
Seven patients could be classified as responders and seven as non-responders. 
The behaviour of mean tum our ADC of responders and non-responders during 
the course of treatm ent is shown in Figure 4.4. The ADC of responders fell after 
chemotherapy and rose after chemoradiotherapy. Non-responders maintained a 
high ADC throughout treatm ent. A significant difference between mean ADC of 
responders and non-responders was shown before (p =  0.03) and after chemother­
apy (p =  0.03), bu t not after the end of combined chemoradiation (p =  0.20).
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Figure 4.3: Correlation between mean tumour ADC before treatment and change in 
tumour size after end of (a) chemotherapy (r =  —0.67, p =  0.01) and (b) combined 
chemo- and radiotherapy (r =  —0.83, p =  0.001).
4.1.4 Discussion
At the beginning of the clinical study the most im portant fact was th a t we were 
obtaining extra-cranial human tum our ADC’s measured in vivo, something th a t 
has not been attem pted before. This is of high clinical significance considering th a t 
rectal cancers are more common than cranial tumours. Another fact, worthwhile 
to mention, is th a t we were able to follow these patients throughout the full course 
of treatm ent.
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Figure 4.4: Behaviour of group tumour ADC with treatment for responders and non­
responders. The ADC of responders is initially low and remains so following chemother­
apy and rises following the end of chemoradiotherapy. The trend of non-responders is 
to maintain a high ADC throughout treatment. The median value is indicated as a 
horizontal line within a box either end of which indicates the 25^  ^ and 75^  ^ percentile. 
Error bars represent the 5*^  and 95^  ^ percentile.
C lin ical D iscu ssion
The results reported here indicate th a t the mean pre-treatm ent tum our water 
ADC is strongly associated with tum our response following chemotherapy and 
combined chemo- and radiotherapy. This finding raises the possibility th a t the 
technique might be used as a predictor of response in the clinic. To date the 
m ajority of animal studies [76, 77, 79, 80], and the very limited human d a ta  [76, 82] 
have defined the technique only in terms of the ability to assess early response 
to treatm ent, th a t is, once the therapy has been initiated. The m ajority of these 
former studies either did not specifically address or failed to find the pre-treatm ent 
ADC to be associated with treatm ent response. Only the study of Lemaire et 
al. [84] clearly dem onstrated th a t an initially low ADC predicted chemosensitivity 
of A^-methyl-A^-nitrosourea (MNU) induced tumours to 5-FU in female W istar 
rats.
Several factors are known to infiuence the ADC of water in biological sys­
tems [157]. In animal tum our models it is recognised tha t a high ADC is related 
to the extent of tum our necrosis [84, 159], i.e. is due to an increase in the ex­
tracellular water fraction. The ADC values measured here may therefore reflect
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P re  trea tm en t
M ean SD R ange
Responders (n =  7) 1.25 0.36 0.89 - 1.78
Non-responders (n =  7) 1.64 0.39 1.10 - 2.20
All (n =  14) 1.41 0.45 0.89 - 2.20
P o st ch em oth erap y
M ean SD R ange
Responders (n =  7) 0.95 0.28 0.58 - 1.80
Non-responders (n =  7) 1.67 0.48 0.76 - 2.32
All (n =  14) 1.37 0.52 0.58 - 2.32
P o st ch em orad ioth erap y
M ean SD R ange
Responders (n =  7) 1.29 0.58 0.52 - 2.00
Non-responders (n =  7) 1.61 0.50 0.98 - 2.26
All (n =  14) 1.47 0.52 0.52 - 2.26
Table 4.4: Basic statistics of tumoural ADC’s measured before the beginning of treat­
ment, after 12 weeks of chemotherapy and a further 6 weeks of combined chemo- and 
radiotherapy (ADC in 10~^ mm^ s"^).
the extent of tum our necrosis in locally advanced rectal adenocarcinoma. If this 
is the case then the association between a high ADC and poor response reflects 
the recognised poor delivery of chemotherapy to tum ours [91] and resistance to 
radiotherapy [160].
A rise in the ADC following the initiation of treatm ent is normally taken to 
indicate early response to treatm ent [76, 77, 79, 80, 82, 84]. The trend in the 
early behaviour of the mean tum oural ADC’s in this study was opposite to these 
findings. Responders tended to have a similar or low ADC in comparison to pre­
treatm ent values, although by the end of the entire course of treatm ent the ADC 
had generally increased. Overall, the behaviour of A D C’s in responders tended
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to be different to non-responders. If it is accepted th a t a high ADC represents a 
high tum our necrotic fraction, then the maintenance of a high ADC throughout 
treatm ent in non-responders reflects and results in the non-responsiveness of the 
tumour. An im portant observation to make was the absence of a correlation 
between tum our size and response. Larger tumours are usually considered to 
have larger necrotic fraction than  smaller ones. Clearly the correlation between 
tum our size and necrosis is not simply proportional and suggests th a t size alone 
is unlikely to be an independent predictor of response.
The early drop in the ADC of responders after chemotherapy might be ex­
plained by the morphology of rectal tumours. A lower residual necrotic fraction 
might be expected if a necrotic luminal component sloughed off as a result of 
treatm ent. The remaining tum our would have a proportionately greater viable 
cell fraction and therefore a lower ADC. The subsequent rise in ADC of respon­
ders after chemoradiotherapy might indicate inflammatory response induced by 
radiation.
Technical D iscu ssion
From a technical standpoint difficulties affecting the measurement have to be 
considered.
Advantages of the Burst sequence, th a t is the possibility to acquire a full set 
of diffusion-weighted images in a time typical for a standard spin-echo experiment 
and freedom from susceptibility artifacts, the m ajor problem of EPI in abdominal 
imaging, have to be weighted against disadvantages. These mainly are the low 
SNR capacity of the sequence, the need of T^-correction of the acquired data  and 
artifacts caused by motion.
A bi-exponential fit of the acquired data  would potentially give an ADC and T2 
map simultaneously. The result of such a fit, however, depends among other fac­
tors on the SNR of the images. Therefore the acquisition of a purely 7^-weighted 
image dataset was necessary. The T2 map calculated was used to correct the Burst
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data for 72-related signal loss. This correction, however, causes problems for short 
T2 S as will be discussed in detail in Chapter 7. There it will be shown th a t in the 
case of short T2 ’s the T^-correction sequence, a FSE sequence, overestimates the 
values in case of short relaxation times. In this study, where a FSE sequence with 
maximum echo time of 800 ms was used, the lie in the range between 200 ms 
(muscle) and 400 ms (bladder). Higher 7^-weighted images contained mainly noise 
and fit may have resulted in an overestimation of T2 . In following experiments 
(Chs. 5 and 7) a FSE sequence with maximum Te  of 360 ms was used yielding 
much lower T2 values, e.g. T2 ,muscle ~  90 ms. Furtherm ore it has been reported 
tha t, although comparison of conventional spin-echo images with fast spin-echo 
images shows similar contrast for most tissues, sub-cutaneous and peritoneal fat 
and other tissues containing lipids (e.g. marrow) appear much brighter on FSE 
images, resulting in a wrong 7^-estimation for fat. This may explain the wrong 
ADC values for lipids obtained in this study.
It also needs consideration th a t motion could have affected the ADC measure­
ment. Compared to fast diffusion-weighting sequences which are usually single­
shot sequences, for example EPI (Ch. 6) or SPLICE (Ch. 7), Burst is a multi-shot 
sequence. The sequence does not compensate for involuntary patient motion, such 
as respiratory motion or bowel movement, and vascular flow. On the available 
data, where the FOV chosen was smaller than the anatom ical region no evidence 
motion has been found, though. No gross patient m otion on the basis of ima­
ging sequences done either side of the diffusion study has been recorded. But, in 
follow-on experiments on the brain and also abdomen (Ch. 7) it became apparent 
th a t higher diffusion-weighted images were severely corrupted by motion. In this 
study, as images with higher diffusion- and 7^-weighting contained mainly noise, 
this may not have seriously affected the measurement outcome, but should be 
kept in mind.
Closer examination of the data  for a tum our region-of-interest, however, showed 
non-single-exponential decay behaviour of the signal. The reason may be sensi­
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tivity of the sequence to  perfusion. Although the exact nature of this perfusion 
is unknown, the da ta  fit well the intravoxel incoherent motion (IVIM) model 
originally put forward by Le Bihan et ai [31] (see Chapter 2, Paragraphs 2.3.3 
and 2.4.2).
Despite these reservations, the ADC values calculated in this study are within 
the range expected for water in a biological system, partly supporting their valid­
ity. Improved accuracy in ADC measurements will be investigated with improved 
(Ch. 5, Sec. 5.7) an d /o r alternative (Ch. 7) sequences.
4.1.5 Conclusions
The clinical findings presented suggest diffusion-weighted MR imaging could 
yield clinically im portant information for the prediction of rectal cancer prognosis. 
The approach needs validation and a prospective study of reproducibility to es­
tablish its clinical benefit in the management of patients with clinically advanced 
rectal cancer.
A new MRI sequence based on the Burst technique has been used for in vivo 
imaging of the human pelvis. Its m ajor advantages are th a t a large number of 
differently diffusion-weighted images can be acquired in one experiment and the 
technique can be used extra-cranially, a region, where other methods of rapid 
imaging often fail.
Bearing in mind the observed signal decay characteristics a more comprehen­
sive analysis of the d a ta  should be performed with the aim to determine the quan­
titative contribution of perfusion to the ADC of locally advanced rectal adeno­
carcinoma and to obtain separate values for the diffusion and pseudo-diffusion 
coefficients, D  and D* respectively. As a further goal it should be established 
whether there is an association between these coefficients and the response of 
rectal tum ours to neoadjuvant chemotherapy and combined chemo- and radio­
therapy.
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4.2 Intravoxel Incoherent M otion (IVIM )
4.2.1 Evaluation of Diffusion and Perfusion in R ectal Tu­
mours
After measurement of the apparent diffusion coefficients, the clinical data  were 
then analysed on the basis th a t diffusion-weighted images acquired with low b- 
values [127] in vivo reflect intravoxel incoherent motions (IVIM’s) [31]. In biologi­
cal tissues, the motions imaged with diffusion-weighted techniques include not just 
molecular diffusion of extra- and intracellular individual water molecules, but also 
tissue perfusion arising from the microcirculation of blood in the capillaries [105]. 
It has been shown th a t standard techniques based on the PGSE m ethod can also 
be used for perfusion measurement assuming the capillary microcirculation can be 
modelled as pseudo-diffusion on the level of a typical imaging voxel [123]. W ith 
an appropriate choice of b-values measurement of the signal attenuation allows 
an estim ation of the tissue diffusion coefficient, D, diffusion fraction, f o ,  and 
pseudo-diffusion coefficient associated with perfusion, D* [31, 123].
It has to be stressed again th a t extra-cranial quantitative measurements of 
apparent diffusion coefficients still remain a technical challenge. Hence, reported 
ADC values of abdominal organs have often been obtained by performing a two- 
point fit [25, 129] and, depending on the choice of b-values, different ADC’s have 
been obtained [19, 128, 129]. In cases where more b-values have been used, these 
covered a wide range (0 to 1000 s m m “ )^ and, as the microvascular signal coming 
from blood flow decays very rapidly, did not allow the separation of the combined 
diffusion and pseudo-diffusion decay [23, 24, 130].
In the context of the current analysis, three separate measures of diffusion will 
be distinguished, (i) By ADC the value obtained by performing a “traditional” 
single-exponential fit to the diffusion decay data  will be denoted. This corresponds 
to a straight line fit to the data  when presented in a semi-log format. Although
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in many previous studies, which measured only two or three diffusion points, this 
was the best th a t could be achieved, analysis of our diffusion data  with 16 points 
shows that, in most cases, this model is inappropriate, (ii) By D  the diffusion 
coefficient measured in an IVIM bi-exponential fit will be denoted. This will 
include effects such as restricted diffusion and anisotropy and should correspond 
to the ADC measured traditionally in a sequence using several high b-values, (iii) 
By D* the pseudo-diffusion (or perfusion) coefficient, as described earlier, will be 
denoted. The 16 b-values obtained with DW -Burst covered a range from 0 to 346 
s mm~^, which is an ideal range for measuring both components.
4.2.2 IVIM  Analysis of the Data  
S u b jects and M R  Im aging P ro toco ls
For this analysis datasets of all fifteen patients (11 male, 4 female) were used. 
Each dataset consisted of 16 diffusion-weighted images obtained with the Burst 
sequence, 16 increasingly T^-weighted images, which were used to correct the 
Burst images for T2 related signal loss, and relative blood volume data  measured 
with a novel dynamic imaging sequence [161].
This sequence, a modified gradient-echo FLASH sequence, produced three im­
ages with two different weightings on the basis of three acquisition loops providing 
interleaved Ti and T^ data. Images were acquired as a single slice a t the same level 
as the Burst-diffusion data. Relative blood volume estimates were derived from 
detection of the first pass effect of the paramagnetic contrast agent Gd-DTPA 
(Gadolinium Diethylene-Triamine Pentaacetic Acid, (Schering Plough, UK)). For 
doing th a t two T^-weighted images (repetition time, 26.5 ms, echo time, 20 ms, 
flip angle, 20°) were obtained per acquisition. Each complete dataset consisted 
of 42 separate acquisitions. Images were acquired with a m atrix size of 256 x 
256, a field-of-view of 300 x 300 mm^ and a slice thickness of 10 mm. The to tal 
scanning tim e for these images was 7 minutes.
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The Ti-weighted data  were not used in this study. The da ta  were analysed 
using software developed at the Institu te  of Cancer Research (Magnetic Reso­
nance Imaging Workbench (MRIW) [162]). The relative blood volume image was 
presented as an image where high signal intensity areas corresponded to areas 
showing a significant effect during first pass of Gd-DTPA. The clear definition 
of m ajor pelvic arterial vessels in the slice was taken to indicate a technically 
satisfactory scan.
D a ta  A n alysis
In the original analysis (Sec. 4.1) ADC values were calculated performing linear 
regression analysis of the full 16-image datasets. To obtain the ADC map a 
straight line was fitted to the decay data  given by the natural logarithm  of the pixel 
intensities of 16 increasingly diffusion-weighted images obtained with the Burst 
sequence, plotted against their associated b-values. In this m ethod the intensity 
of the water signal is, after T2 correction, given by Equation (4.1). Eigures 4.5 
and 4.6 show the image data  of a subject with a tum our region-of-interest with 
hardly any measurable first pass MR detectable perfusion. A single-exponential 
fitted the data  very well, as can be appreciated in Figure 4.7. However, it should 
be noted th a t the illustrated case is an exception as it is the only dataset out of 
fifteen dem onstrating single-exponential decay behaviour.
Now, according to IVIM theory perfusion can be modelled as a pseudo-diffusive 
process due to the fact th a t at voxel level the capillary network is randomly 
organised. Considering th a t D* is much larger than  D, an assum ption th a t is 
central to the IVIM model, the decay of pixels vs. b can be separated into two 
decays [123]. The intensity of the water signal is then given by:
S{bi) = So • { fo  • exp[-6f • D] +  (1 -  f o )  • exp[-bi • D*]} (4.2)
where D  is the tissue diffusion coefficient and D* is the pseudo-diffusion coefficient.
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Figure 4.5: Nine of the sixteen Burst images acquired with increased diffusion-weighting 
of a single transverse slice through the pelvis.
Figure 4.6: (a) The first of 16 T2 -weighted images acquired with a FSE sequence (Tg = 
50 ms) used to generate the T2  map shown in (b). (c) Burst image with low diffusion- 
weighting (b =  1.39 s mm“ )^ and (d) ADC map calculated by fitting a straight line to 
the full 16 image Burst-diffusion dataset after T2 correction. (T2 in units of s, ADC in 
units of 10~^ mm^ s“ )^
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Figure 4.7: Tumour with hardly any perfusion present, (a) Burst image with tumour 
region-of-interest outlined, (b) Plot illustrating single-exponential decay behaviour of 
this tumour. In addition to fitting a single-exponential, bi-exponential fitting was per­
formed as well. Both yielded similar results for the ADC and D respectively (ADC = 
1.3 ±  0.6, D = 1.17 ±  0.04). The measured f o  was 0.95 ±  0.01.
f o  and (1 — fo )  are the diffusion and perfusion fractions respectively. Previous 
authors fitted the perfusion rather than the diffusion fraction [31, 122, 163]. D  and 
f o  fraction can also be derived by linear regression analysis (asymptotic fitting) 
of the “diffusion p a rt” of the curve and extrapolation of the fitted asym ptote 
to 6 =  0 s m m “ .^ D* is not determined. This m ethod, however, is sensitive 
to the choice of when the asym ptote has been reached. To derive accurate val­
ues for D  and / d with this method usually requires b-values in the order of 
300 s m m “  ^ and larger [123], otherwise fitting will result in an overestimate of 
D  [127] and consequently Therefore in the following analysis this was a t­
tem pted only for a few selected cases (see Figures 4.7 and 4.10). In all cases 
least-squares fitting of the combined perfusion-diffusion decay curves according to 
Equation (4.2) was performed using the Levenberg-M arquardt iterative nonlinear 
least-squares method. All three parameters of the model (D, D* and / d ) were 
obtained (Figs. 4.7 and 4.10). All numerical da ta  analysis was carried out using 
both IDL (UNIX) and SigmaPlot for Windows. Values derived for D  were then 
compared with ADC values calculated previously with linear regression analysis.
All quantitative measurements were made by means of an analysis of averaged 
regions-of-interest, as the SNR of the Burst raw image da ta  was insufficient to
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attem pt a three-param eter fit on a pixel by pixel basis. All ROI’s consisted of at 
least 150 pixels and were drawn on the clinical image to include as much of the 
tum our as possible. Relative blood volume maps were used to determine whether 
the tum our ROI included regions of MR detectable blood volume sensitive to 
the technique used. In seven out of the fifteen subjects studied, focal regions of 
relative high blood volume (HBV) were found. These were analysed separately. 
For example, in the dataset shown in Section 4.1 three focal regions of relative 
high blood volume were detected (Fig. 4.8).
m\
(a) (b) (c)
Figure 4.8: Example of a tumour with regions of high blood volume, (a) Tumour ROI, 
(b) 3 focal high-blood-volume ROFs were detected and (c) low blood volume ROI used 
for analysis.
In what follows, the designation LBV refers to the non-HBV region of the 
tum our for these seven subjects and the whole tum our for the remaining four.
For further analysis and to  establish whether the wide variation in ADC is 
real or merely due to the poor SNR of the underlying data  a histogram analysis 
of the ADC’s measured on the individual pixels in these regions-of-interest was 
performed. This was done by linear regression analysis on a pixel-by-pixel basis 
of the first 9 images. To increase the SNR by factors of 2 and 4 the images were 
then rebinned to m atrix  sizes of 64 x 64 and 32 x 32 respectively (Fig. 4.9). For 
comparison histograms of the ADC’s by fit to the full 16-image dataset where also 
obtained.
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Figure 4.9: Burst image having low diffusion-weighting with progressively decreasing 
different resolutions, hence increasing SNR. (a) This is the original Burst image with a 
matrix size of 128 x 128, (b) the image has been rebinned to a size of 64 x 64 increasing 
the SNR by a factor of two and (c) shows the image rebinned to 32 x 32. The SNR is 4 
times the SNR of the original image. (For display purposes all three images are shown 
at the same size on the page.)
4.2.3 Results
In eleven out of fifteen cases, analysis of the data  gave, as shown in Figure 4.10, 
a good fit to the bi-exponential model whilst in the remaining four cases fold-in 
and motion artifacts prevented a fit. In the following section, the units of D, D* 
and ADC are always 10“  ^ mm^ s“ F
For the eleven fits the mean tissue diffusion coefficient D  was 0.9 ±  0.3 (range 
0.4 to 1.2) in LBV and 0.9 ±  0.5 (range 0.1 to 1.1) in HBV regions-of-interest. 
The mean ADC measured using a single-exponential fit to the d a ta  was 1.5 ±  0.3 
(range 0.9 to 2.2) in LBV and 1.7 ±  0.9 (range 0.9 to 2.1). Thus the measured 
ADC’s were significantly higher than the obtained D ’s (p < 0.0001 in LBV, p =  
0.004 in HBV) suggesting a significant contribution of perfusion to  the ADC’s of 
rectal tumours. Mean diffusion fractions were 0.7 ± 0 . 1  (range 0.6 to 1.0) and 
0.67 ±  0.06 (range 0.60 to 0.74) in LBV and HBV regions respectively.
Figure 4.11 shows a histogram analysis of the ADC’s of the individual pixels 
in the ROI of the dataset presented in Figure 4.10(b) performed at three different 
resolutions. For Figure 4.11(a) - (c) the ADC’s were calculated by fitting a straight 
line to the first 9 points of the dataset. The calculated mean ADC was 5.9 ±  3.5 
(range 0.03 to 19.77) for the 128 x 128 image. Rebinning the images to m atrix 
sizes of 64 x 64 and 32 x 32 the obtained ADC’s were 6.1 ±  3.6 (range 0.3 to
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Figure 4.10: Diffusion-perfusion decay for average signal tumour ROI: LBV region of 
a tumour where both diffusion and perfusion were present, (a) Burst image with low 
diffusion-weighting and tumour tumour ROI outlined, (b) A bi-exponential was fitted 
to the decay curve (D =  1.0 ±  0.3, D* = 33.7 ±  6.4 and f o  = 0.65 ±  0.04). Linear 
regression analysis of the “diffusion part” (data points 9 to 16, 74 < 6 < 346 s mm~^) 
was performed yielding D = 1.0 ±  0.4 and Jd = 0.66 it 0.01. {D, D* and the ADC are 
in units of 10“  ^ mm^ s"^.)
19.3) and 5.8 ±  3.7 (range 0.8 to 17.9) respectively. In Figure 4.11(d) - (f) the 
single-exponential fit was performed on the full 16-image dataset. The measured 
mean ADC was 2.1 ±  0.8 (range 0.03 to 4.73) for the 128 x 128 image, 2.1 ±  0.8 
(range 0.03 to 4.10) for the 64 x 64 image and 2.2 ±  0.8 (range 0.5 to 3.8) for the 
32 X  32 image.
In the da ta  analysis described in Section 4.1 a correlation between the apparent 
diffusion coefficients and response to chemotherapy (CT) and ADC’s and response 
to combined radio- and chemotherapy (CRT) was discovered (see Table 4.3). Here, 
a correlation between diffusion fraction and response to CT (r =  0.54, p =  0.013) 
and diffusion fraction and response to CRT (r =  0.62, p =  0.012) in low-blood- 
volume tum our were found (Figs. 4.12 and 4.13(c)). No correlation between D  
or D* with respect to  tum our regression after chemotherapy alone (r =  —0.07, 
p =  0.001 for D  and r =  —0.08, p =  0.144 for D*) and combined chemoradi- 
ation (r =  0.03, p =  0.012 for D  and r =  0.14, p =  0.143 for D*) were found 
(Fig. 4.13(a) and (b) and Tab. 4.5). HBV regions-of-interest were analysed, how­
ever, no significant difference to the results obtained for the LBV regions was 
found.
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Figure 4.11: Histogram analysis of the ADC’s of individual pixels in the ROI of the 
dataset presented in Figure 4.10 performed at three different resolutions, (a) - (c) 
ADC’s were calculated by fitting a straight line to the first 9 points of the dataset. The 
calculated mean ADC was 5.9 ±  3.5 for the 128 x 128 image. Rebinning the images 
hence improving the SNR by a factor of 2 and 4 the ADC’s were 6.1 ±  3.6 and 5.8 ±  3.7 
respectively, (d) - (e) Performing the single-exponential fit on the full 16-image dataset 
the measured mean ADC was 2.1 ±  0.8 for the 128 x 128 image, 2.1 ±  0.8 for the 64 
X 64 image and 2.2 ±  0.8 for the 32 x 32 image. (ADC in units of 10“  ^ nim^ s"^)
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Figure 4.12: A weak positive correlation could be found between fo  in LBV tumour 
before treatment and change in tumour size following the end of chemotherapy (CT). 
Findings for D and D* with respect to chemotherapy are similar to Figure 4.13(a) and 
(b) and are for this reason not shown (r =  —0.07, p =  0.001 for D and r =  —0.08, p = 
0.144 for D*). (o Data point not included in fit.)
4.2.4 D iscussion
Technical In terp reta tion
The d a ta  have sufficient SNR for fitting a single-exponential decay curve on a 
pixel-by-pixel basis to give a quantitative measure of the ADC. This is currently a 
common m ethod of analysis - in fact in most cases, only two b-values are acquired, 
making it the only m ethod of analysis. However, in the presence of perfusion, the 
ADC as derived by this m ethod is not indicative of the true diffusion coefficient. 
It has been shown [56, 127, 163] th a t when small b-values are used, ADC’s th a t 
are significantly higher than  D  values are obtained at diffusion-weighted MR ima­
ging owing to the influence of perfusion. Despite these reservations the ADC of 
rectal adenocarcinoma showed a clear correlation with the subsequent response to 
treatm ent (Sec. 4.1, Fig. 4.3) and may therefore still be a clinical useful surrogate 
marker of treatm ent prognosis.
Here the reason for the ADC variation th a t has been observed was further 
investigated. The design of the Burst sequence used means 16 diffusion-weighted 
images with b-values in the range 0 to 346 s m m “  ^ were at hand allowing a more
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Figure 4.13: Correlation between diffusion coefficient, D, pseudo-diffusion coefficient, 
D*, and diffusion fraction, //), measured in LBV tumour prior to treatment and change 
in tumour size following the end of combined chemo- and radiotherapy (CRT). Clearly 
no correlation could be observed for the D (a) and D* (b) data, however, strong positive 
correlation could be found between f o  and response to CRT (c). (o Data point not 
included in fit.)
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C o rre la tio n  coeffic ien t r  
(P e a rso n )
p -v a lu e
LBV tum our f o  vs. 
% regression after CT 0.54 0.013
LBV tum our D  vs. 
% regression after CT -0 .0 7 0.001
LBV tum our D* vs. 
% regression after CT -0 .08 0.14
LBV tum our f o  vs.
% regression after CRT 0.62 0.012
LBV tum our D  vs.
% regression after CRT 0.03 0.012
LBV tum our D* vs.
% regression after CRT 0.14 0.14
Table 4.5: Results of the correlation analysis for fo ,  D and D* of low blood volume tu­
mour vs. % regression after chemotherapy (CT) and combined chemo- and radiotherapy 
(CRT).
sensitive test of the perfusion effect than th a t available to previous authors [163]. 
In the m ajority of the tum ours studied perfusion effects were found to be signif­
icant. However the low SNR of the data, which forms the key problem of the 
sequence, prevented a three-param eter fit on a pixel-by-pixel basis. Thus, it re­
mains unclear whether the multi-exponential behaviour observed corresponds to 
similar multi-exponential behaviour in each pixel (i.e., to the same D, D* and f o  
throughout the tum our) or to different values in different pixels.
In an attem pt to analyse the contribution of perfusion on a pixel-by-pixel basis 
for the existing da ta  a single-exponential fit to the first 9 da ta  points (0.14 < b
4.2. INTRAVOXEL INCOHERENT MOTION (IVIM) 93
< 75 s m m “ )^ of the dataset in Figure 4.10(b) - equivalent to fitting a straight 
line through the early portion of the log plot - has been performed. Histograms of 
these results are shown in Figure 4.11(a) - (c). The ADC measured in this analysis 
reflects D* rather than D. W ith a mean of 5.9 ±  3.5 it is about double the accepted 
ADC value of cerebrospinal fluid (2.94 ±  0.05 [122]) -  the maximum ADC in a 
single pixel was 19.8. For comparison the pseudo-diffusion coefficient D* measured 
by fitting a bi-exponential for the particular case illustrated in Figure 4.10(b) was 
33.7. The maximum D* we measured in any patient ROI with this second method 
was 216.4.
The values of ADC obtained were in general significantly higher than  those 
obtained from the single-exponential fit to the full 16 b-value dataset which rep­
resents a combination of D  and D*. Histograms of these corresponding results 
are shown in Figure 4.11(d) - (f).
Figure 4.11 dem onstrates th a t there is a genuinely large range of perfusion 
values th a t are not attributable  to poor SNR of the underlying data. The SNR of 
the data  can be improved by rebinning it onto a smaller m atrix size and analysing 
a smaller number of larger pixels. Figure 4.11(b), (c), (e) and (f) show th a t the 
wide spread of ADC values is maintained even with d a ta  of higher SNR, thus 
implying th a t the distribution is real. Figure 4.11(b) suggests a possible m ulti­
modal distribution of ADC values, which may be related to tum our properties.
C lin ical In terp reta tion
The biological interpretation of the current findings must remain speculative 
until such time as the physiological factors contributing to the signal changes de­
tected by IVIM are validated. To this day the m ajority of work on the tum our 
microenvironment including its vascularity in vivo has been carried out on ani­
mal tum our models or directly in human tum ours [164, 165]. Lemaire et al. [84], 
for example, dem onstrated a clear relationship between the pre-treatm ent aver­
age tum our ADC in ra t tum ours and the necrotic fraction of the tum our. It is
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therefore interesting th a t the IVIM analysis performed here shows a correlation 
between the derived diffusion fraction of the tum our and response to chemother­
apy and combined chemo- and radiotherapy but no correlation with any of the 
other parameters. This might therefore indicate th a t the proportion of necrosis 
in a tum our has a greater influence on subsequent treatm ent response than  the 
extent of the perfused tum our.
4.2.5 Conculsions
The results of the IVIM analysis of the data  lead to a number of interesting 
questions. Clearly the hypothesis th a t the proportion of tum our necrosis is more 
im portant for a successful treatm ent than tum our perfusion needs validation and 
remains, until such time further diffusion studies with improved SNR to allow 
analysis on a pixel-by-pixel basis have been carried out, speculative. However, 
the results indicate which param eters will be im portant to assess in the future 
to correlate histological characteristics of resected tum ours and MR derived pa­
rameters. Pixel-by-pixel analysis will help to clarify if the observed effect, the 
bi-exponential decay in rectal tumours, is indeed caused by “in tra”-voxel inco­
herent motions or by “inter”-voxel variations in ADC. In this respect the IVIM 
model, on which d a ta  analysis was based, needs further validation, as does the 
m ethod used to  determine high blood volume regions in rectal tumours.
4.2.6 A Few Final Remarks About the IVIM M odel and 
the Perfusion D ata
Technical issues arising from using the Burst-diffusion sequence, such as image 
artifacts due to m otion and the low SNR, which can cause errors in the subse­
quent image analysis, have already been discussed in Paragraph 4.1.4. Here some 
thought should be given to fitting data  with the IVIM model and problems th a t 
may arise.
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A few considerations about the validity of the assumptions behind the model 
in order to predict the size of the errors th a t are made in the estim ation of the 
IVIM param eters, especially D*, are necessary. Among these hypotheses are 
th a t D, Ti and T2 are similar in the static and flowing components and th a t 
exchanges between these components are slow at the MR imaging experiment 
scale. However, a more critical hypothesis here is the similarity of T2 in tissues 
and in flowing blood. If the T2 of blood is much larger than  the T2 of tissues, 
the diffusion fraction, f o ,  is underestim ated [105]. But the determ ination of D  is 
not affected by differences in T2 , since the perfusion contribution of the signal is 
negligible for large b-values.
Pekar et al. [123] showed th a t estim ation of D  is feasible even at rather small 
signal-to-noise ratios. To determine the perfusion/diffusion fraction accurately, 
though, requires da ta  with large SNR. These large SNR’s are most likely achiev­
able only through averaging over larger regions-of-interest in the original IVIM 
data. However, to determine the perfusion fraction accurate to within 20% data  
with an SNR of close to 400 is required. For the Burst da ta  such a good SNR 
calculated as < 5 r o i>  /(c^5ooi\/^ROi)? where u ro î denotes the number of pixels in 
the ROI, could not be achieved. Tumours had low signal intensity and depending 
on the size of the ROI, an SNR of only 70 (ROI with 167 pixels) to 200 (ROI with 
975 pixels) was obtained.
It should also be noted tha t the sensitivity to flow of the TJ'-weighted sequence 
in vivo remains to be established. Given our definition of a technically adequate 
perfusion study it is likely th a t a signal detected in a tum our by the sequence must 
have flow characteristics at least of the same order as the pelvic vessels. This is 
not an insubstantial flow and suggests on one hand th a t a t least a proportion of 
these rectal cancers have a significant relative blood volume, on the other hand 
it means th a t probably not all flow was measurable and hence could be excluded 
from the low blood volume regions.
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4.3 Conclusions
4.3.1 W hy Use Burst for Diffusion-W eighted Imaging? 
B en efits  o f  U sin g  th e  B u rst T echnique
The proposed method using the Burst sequence to measure diffusion processes 
has certain advantages making it favourable over other techniques. The diffusion 
attenuation occurs parallel with the data  acquisition and not separately, this 
becomes im portant when low diffusion coefficients are to be measured for a given 
T2 and a maximum gradient.
The technique may turn  out to be a real challenge to conventional DWI tech­
niques th a t are based on the standard PFG approach. These require multiple 
repetitions of the sequence to  acquire enough data  for the reconstruction of a 
diffusion map. Burst acquires a whole set of images in one experiment. This pre­
vents bulk motion artifacts caused by displacements, which take place between 
successive scans. The sequence also has the advantage of not being susceptible 
to chemical shift artifacts hence no dedicated fat suppression is required. The 
images do not suffer from distortion artifacts due to eddy currents or susceptibil­
ity artifacts, which usually cause a m ajor problem in extra-cranial imaging using 
EPI.
D raw backs U sin g  th e  B u rst T echnique
Disadvantages are similar to those described for Burst imaging. The images 
suffer from poor SNR caused by the low flip-angle of the RF pulses and the high 
acquisition bandw idth used. The acquisition of a dataset of purely T^-weighted im­
ages proved to be necessary to  correct the diffusion-weighted images for T^-related 
signal loss. In in vivo studies motion during and between scans significantly af­
fects the measurement of diffusion coefficients. Compared with single-shot DWI 
techniques Burst has a relatively long acquisition time (see Table 4.1).
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A further lim itation of DW -Burst is th a t diffusion sensitisation and readout 
are closely related. In contrast to other diffusion imaging methods, the diffusion 
gradient cannot be chosen independently, as it also acts as the read gradient. 
And, as a consequence, only diffusion imaging sensitised to  motions in the read 
direction is possible with this sequence.
Overall, the findings of this patient study were very encouraging. They sug­
gested th a t an improved extra-cranial diffusion measurement technique, capable 
of making measurements of multiple b-values, with higher SNR, would be highly 
desirable. In the next chapter the above drawbacks to the Burst m ethod will 
be discussed and improvements to the sequence, which shall in the following be 
referred to as the “original” DW -Burst sequence, will be proposed.
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Chapter 5 
Advances and M odifications of  
D W -Burst
5.1 Introduction
The main goal of this chapter is to address the drawbacks of the original DW- 
Burst sequence in more technical detail and to propose modifications to overcome 
these problems.
The first part of this chapter deals with the development of a diffusion phan­
tom, which should have MR relevant characteristics comparable to the human 
pelvis. In this context the param eters th a t have to be considered are the relax­
ation times, Ti and T2 , and the diffusion coefficient, D. The second part of this 
chapter looks into the problems of the original Burst-diffusion approach leading 
to modification of the sequence to overcome these. In the th ird part, these newly 
proposed sequences are compared using the diffusion phantom .
99
100 CHAPTER 5. ADVANCES AND MODIFICATIONS OF D W -BURST
5.2 The M nCb-DM SO Diffusion Phantom
The phantom  used to evaluate the performance of the original DW -Burst se­
quence consisted of five tubes, containing acetonitrile, DMSO, glycerol and dis­
tilled water (two tubes), samples th a t have been used by other authors [150] as 
test substances in DWI. For the current work, it was desirable to have a number of 
solutions having Ti, 7^ and D  values as measured in the human pelvis/abdom en. 
According to the literature [166] and own measurements these range from 400 to 
around 1000 ms for Ti, about 200 to 400 ms for 7^ and 0.5 to 2.5 x 10'^ mm^ s“  ^
for D. Solutions of manganese chloride at various concentrations ranging from 
0.025 mM to 0.10 mM in water and concentrations ranging from 0.05 mM to 1.04 
mM in dimethyl sulphoxide were investigated.
5.2.1 M anganese Chloride
CMnCb
(m M )
R i
( s - i )
T i
(m s)
R 2
K ' )
T 2
(m s)
0.1 0.908 1101 6.124 163
0.5 3.330 300 28.622 35
1.1 6.962 144 62.370 16
1.6 9.989 100 N /A N /A
Table 5.1: Representative T\- and 72-relaxation times measured at 1.5 T, 23°C for 
MnCl2 in aqueous solution (N/A data not available) (from Maris [167]).
It has been shown manganese chloride, MnCl2 , can be used to alter the pro­
ton relaxation times T\ and 7^ [167]. As the concentration of MnCl2 in solu­
tion increases, the proton relaxation times, T\ and T2 , of the solution decrease. 
Maris [167] showed th a t very small amounts of M nCb are sufficient to obtain sim­
ilar 7i and T2 values as measured in the human body. Table 5.1 shows representa­
tive concentrations of MnCl2 in aqueous solution with their associated relaxation
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rates, Ri (= T f  and R 2 (= Tp^),  and relaxation times, Ti and T2 . Figure 5.1(a) 
illustrates the linear relationship between MnCl2 concentration, CMnCig, a^nd Ri  
and R 2 measured a t 1.5 T  and 23°C. This plot was used to calculate the con­
centrations of MnCl2 needed to obtain relaxation times measured in the human 
abdomen.
(a)
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Fit to Maris' data:
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Figure 5.1: (a) R\- and i?2 -relaxation rates at 1.5 T and 23°C measured by Maris [167] 
for various concentrations of MnCl2 in aqueous solution. The two equations obtained 
for Ri  and R 2 were used to calculate the needed concentrations of MnCl2 to obtain 
T i’s and T-g^ s in the range from 700 to 1000 ms and from 100 to 400 ms respectively, 
(b) Ri  and R 2 of MnCl2  in DMSO experimentally determined at 1.5 T and 24°C. 
Concentrations of 0.05 mM, 0.10 mM and 0.15 mM were used to obtain the slopes of R\  
and R 2 . Concentrations ranging from 0.21 mM to 1.04 mM were used for the phantom.
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5.2.2 D im ethyl Sulphoxide (DM SO)
Dimethyl sulphoxide, (CH 2 )2 (SO), was used to obtain solutions with a low 
diffusion coefficient.
Ti, T2 and D  of pure DMSO were experimentally determined. The values 
measured at 1.5 T and 24°C were: Ti =  2110 ±  15 ms, T2 = 1810 ±  53 ms 
and D = (0.56 ±  0.01) x 10“  ^ mm^ s~^. Thus, 72,DMS0 is comparable to T2 of 
distilled water, Ti and D  are lower than the corresponding values of water. In 
fact D  of DMSO is close to the lowest one can expect to measure in the human 
pelvis making it a suitable candidate for a diffusion phantom.
DMSO is totally soluble in water with its dominant characteristics being its 
high polarity, aprotic nature and its ability to strongly solvate cations, yet only 
weakly solvate anions. Because the manganese cation is surrounded by more sol­
vent molecules than  when it is dissolved in water, a higher concentration of MnCl2 
is necessary to decrease the relaxation times. Solutions of 0.05 mM, 0.10 mM and 
0.15 mM MnCl2 in DMSO were prepared to determine the linear relationship 
between CMnCb ^ 1  and CMnCb and R 2 . Figure 5.1(b) shows these slopes.
5.2.3 Sample Preparation
The diffusion phantom  consisted of nine plastic tubes (Falcon© Blue M ax^^ 
50-mL polypropylene conical tube, 30 x 115 mm, Becton Dickison Labware) which 
were held in place by a polystyrene slab. The arrangement of the tubes containing 
the different solutions is shown in Figure 5.2. Eight solutions were prepared, 
three aqueous solutions having T2 in the desired range and high D  (tubes 1 to 
3), three DMSO-based solutions having appropriate T2 and low D  (tubes 7 to 9) 
and two DMSO solutions with T% in the upper range of values expected to be 
measured in the pelvis (tubes 4 and 6). For preparation of the DMSO solutions 
only a small am ount of water was used to dissolve the MnCl2  crystals. These 
aqueous solutions were mixed with DMSO to yield 98% DMSO solutions of the
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O © 0
0.025 mM (aq.) 0.05 mM (aq.) 0.10 mM (aq.)
R o  o  o
0.21 mM (DMSO) HjO 0.27 mM (DMSO)
O  ©  0
0.32 mM (DMSO) 0.48 mM (DMSO) 1.04 mM (DMSO)
Figure 5.2: The arrangement of the nine tubes placed in the polystyrene holder. “H” 
and “R” indicate the orientation of the phantom in the magnet, where “H” stands 
for “head” and “R” denotes “right”, these markers helped to identify the tubes in the 
acquired MR images, (“aq.” indicates aqueous solutions of MnCl2 and “DMSO” 98% 
MnCl2-DMS0 solutions in the stated concentrations.)
stated  MnCl2 concentrations. Distilled water was used as a reference. Table 5.2 
summarises the prepared solutions and their predicted properties. These were 
calculated using M aris’ [167] data  and the data  from own measurements.
To verify the predicted properties of the diffusion phantom  MR measurements 
of Ti, T2 and D  were performed.
5.3 M R M easurements of Ti, T2 and D
5.3.1 Technical Considerations
Obtaining reliable Ti and T2 values in vivo using MR techniques and equip­
ment has been shown to be rather difficult [169]. Variations in the measured or 
calculated values can be induced by a wide range of machine and sample variables. 
For example, biological param eters and tissue interactions such as flow and per­
fusion effects, diffusion or magnetic susceptibility differences between tissues can 
influence the measured relaxation times. The flip angle produced by RF pulses 
can for example vary in different subjects and for different tissues in the same 
individual [170]. The flip angle, however, is crucial for accurate calculations of Ti, 
where usually perfect 180° RF pulses are assumed.
104 C H A P T E R  5. AD V AN C ES A N D  M ODIFICATIONS OF D W -B U R ST
T u b e S o lv en t CMnCb
(m M )
T i
(m s)
T 2
(m s)
D
(1 0 “  ^ m m ^ s“ )^
1 H2 O 0.025 2200 530 2.20*
2 H2 O 0.05 1650 300 2.20
3 H2 O 0.1 1100 160 2.20
4 98% DMSO 0.21 720 550 0.56
5 H2 O* — 2600 1370 2.14
6 98% DMSO 0.27 610 460 0.56
7 98% DMSO 0.32 540 400 0.56
8 98% DMSO 0.48 390 290 0.56
9 98% DMSO 1.04 200 150 0.56
Table 5.2: The solutions of the MnCl2-DMS0 diffusion phantom and predicted prop­
erties. It is assumed adding 2% of water to the DMSO solutions does not significantly 
alter the diffusion coefficient. Hence the solutions are expected to have the same D as 
pure DMSO, which was determined experimentally. Distilled water was used as refer­
ence. Tubes 1 to 3: Values measured at 23°; Tubes 4, 6 to 9: Values determined at 24°; 
Tube 5: Values for 22° (*from [168]).
To obtain a Ti or T2 value from a small sample in vitro, though, the signal 
collection conditions can be optimised and also longer acquisition times, than 
are sensible in in vivo imaging can be used. The most commonly used pulse 
sequences for measurements of the relaxation times are, for Ti, the inversion 
recovery sequence (180° - 7} - 90° - collect FID) repeated with variable T/ and, 
for T2 , the Carr-Purcell-Meiboom-Gill (CMPG) sequence (90° - r  - 180° - r  - 
collect spin echo - r  - 180° - r  etc.) In the la tter sequence all the required 
relaxation data  points for a given phase-encoding step can be collected after a 
single excitation. But for the inversion recovery sequence only one data  point is 
collected per repetition and adequate time must be allowed between sequences to 
allow complete relaxation to occur, usually 5 times Ti of the sample. In both cases 
a large number of images covering a wide range of time, th a t is inversion time in 
the case of a Ti measurement and echo time in the case of a T2 experiment, have
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T u b e S o lv en t CMnClg T i T 2 D
(m M ) (m s) (m s) (1 0 “  ^ m m ^ s“ ^)
1 H2 O 0.025 1990 ±  90 490 ±  7 2.37 ±  0.04
2 H2 O 0.05 1460 ±  20 275 ±  4 2.35 ±  0.04
3 H2 O 0.1 971 ±  5 149 ±  2 2.34 ±  0.04
4 98% DMSO 0.21 673 ±  7 539 ±  6 0.76 ±  0.01
5 H2 O — 3100 ±  500 2200 ±  72 2.2 ±  0.1
6 98% DMSO 0.27 618 ±  2 487 ±  5 0.73 ±  0.01
7 98% DMSO 0.32 519 ±  3 395 ±  5 0.79 ±  0.01
8 98% DMSO 0.48 383 ±  3 295 ±  4 0.72 ±  0.01
9 98% DMSO 1.04 175 ±  2 137 ±  1 0.74 ±  0.01
Table 5.3: T\ values of the “diffusion phantom” measured at 24° using an IR-HASTE 
sequence, Tjg’s measured with a FSE sequence and D ’s obtained from a PGSE experi­
ment.
to be acquired to give enough data  for a good quality analysis. For measurements 
of diffusion the most common pulse sequence used is the PGSE sequence, as 
previously discussed.
5.3.2 The Experim ents
For the MR experiments a single coronal slice of 20 mm thickness through 
the centre of the phantom  was chosen. As the relaxation times and diffusion 
coefficient are tem perature dependent the phantom  was stored overnight in the 
m agnet room and the tem perature in the scanner was measured as 24°G before 
and after the experiments.
Ti M e a su re m e n t
A standard Siemens HASTE inversion-recovery (IR-HASTE) sequence was 
used to measure the longitudinal relaxation times, T i’s, of the nine solutions.
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Figure 5.3: Recovery curves for two representative tubes. Solutions are 0.025-mM 
aqueous MnCl2 having long T\ and 1.04-mM DMS0-MnCl2 having short T\. Fit to the 
data yielded T i’s of 1990 ±  90 ms and 175 ± 2 for the two solutions respectively.
Eight differently Ti-weighted images were obtained with inversion times ranging 
from 25 to 5000 ms, which was the maximum inversion time possible. Further 
imaging param eters included: repetition time, 4.4 ms, echo time, 64 ms and delay 
time, 1000 ms. The field-of-view was 300 x 300 mm^ and images were acquired 
with a m atrix size of 256 x 256. These were the minimum FOV and m atrix size 
for this particular sequence. The acquisition time per image depended on the 
inversion tim e and ranged from 1.38 to 6.35 s. The to tal measurement time was 
about 25 s.
The signal was measured for regions-of-interests, which were the individual 
tubes of the phantom , and the average plotted vs. inversion time to yield the 
recovery curves. The values of Ti were calculated by 3-parameter fit of the function 
Mz{t) =  Mo (1 — (1 — cos#) exp[—T//T i]) to the measured data. The (1 — cos 9) 
factor allowed imperfections in the RF pulses to be taken into account. Figure 5.3 
shows two typical recovery curves for an aqueous MnCl2 and a MnCl2-DMS0 
solution.
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Figure 5.4: (a) Single-exponential fit to the two Tg-relaxation curves of 0.025 mM 
aqueous MnCl2 and 1.04 mM DMS0-MnCl2. The T2 ’s are 490 ±  7 and 137 ±  1 for the 
two solutions respectively, (b) T 2 map of the MnC^-DMSO phantom (scale in ms).
T2 M easurem en t
For T2 measurement a standard FSE sequence giving sixteen increasingly T2- 
weighted images was used. Major imaging param eters included: repetition time, 
1500 ms, echo times, 22.5 to 360 ms, FOV, 180 x 180 and m atrix size 128 x 
128. The T2 d a ta  were acquired in about 3 minutes. T2 values were obtained 
by least squares fitting to the equation M%y =  Mo exp[—T^/Tz]. Representative 
decay curves for two tubes and the calculated T2 map are shown in Figure 5.4(a) 
and (b). Notice th a t the first data  point in each case is unreliable and was not 
included in the fit.
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Experimental data.
♦  0.025 mM MnClj (aq.), ® 1.04 mM MnClj (98% DMSO) 
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Figure 5.5: (a) Diffusion decay curves of the two solutions presented in Figures 5.3 
and 5.4. Single-exponential fit gives D ’s of 2.37 ±  0.04 and 0.74 ±  0.01 for the 0.025- 
mM MnCb and 1.04-mM DMSO-MnC^ solutions respectively, (b) Calculated D map 
of the diffusion phantom (scale in 10“  ^ mm^ s"^).
D  M e a su re m e n t
Diffusion gradients ranging from 0, for the unweighted image, to 18 m T m~^ 
with a duration of (5 =  30 ms and A =  40 ms were introduced into a standard 
spin-echo sequence to obtain 7 differently diffusion-weighted images, with b-values 
ranging from 0 to  626 s m m “ .^ The echo time of the sequence was 80 ms. Further 
imaging param eters were the same as for the FSE Tg-mapping sequence. The to tal 
imaging tim e of the seven images was about 23 minutes. D  values were obtained 
by least squares fitting to  the equation S{t) = 5"o exp[—6 D]. Figure 5.5(a) shows 
the diffusion decay curves for the two solutions shown previously and Figure 5.5(b) 
illustrates the calculated D  map.
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5.3.3 Results and Discussion
The results for Ti, T2 and D  are summarised in Table 5.3.
D  obtained for water was consistent with the value found in the literature for 
this tem perature. Ti and T2 for water, however, depend strongly on its purity 
explaining the difference in measured and literature value. Furthermore, the high 
standard error for T\ can be attributed  to the rather long T\ of water and for 
th a t short maximum inversion time. The m agnetisation was not fully recovered 
resulting in an inaccurate fit.
Diffusion coefficients for aqueous MnCl2 and MnCl2-DMS0 solutions were in 
agreement with predicted values when allowing for a higher tem perature [168, 171] 
and experimental error. However, the measured T i’s and of aqueous MnCl2 
solutions were consistently lower than the ones predicted, suggesting th a t the 
stock solution might have been prepared incorrectly. Results obtained for DMSO- 
based solutions were, except for the 1.04-mM solution, in close agreement with 
the predicted values. The relaxation times for tube 9 were lower than expected, 
but this came from a different batch of stock solution.
However, the precision of the sample preparation need not to be of too much 
concern, because for the evaluation of the Burst-diffusion sequences D  values 
obtained with these sequences will be compared with the experimental values 
obtained here. The im portant points to take home are th a t a phantom  with Ti, 
T2 and D  values similar to the ones measured in the human pelvis was developed 
and it is big enough to be used with a larger coil such as a phased-array body 
coil.
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5.4 Limitations of Burst: Signal-to-Noise
5.4.1 General Remarks
The description of the signal-to-noise ratio (SNR) in NMR measurements in 
general is very complex as it not only depends on the imaging technique but also 
on the imaging hardware used.
H ardw are C onsiderations
The SNR depends on factors such as coil design, coil load, signal amplification, 
the RF detection method, field strength and the nucleus observed, th a t is the 
Larmor frequency associated with it.
The r.m.s. EMF, induced in a coil is proportional to the square of the 
Larmor frequency [172] and thus
(  oc B l  (5.1)
the therm al noise power depends on the coil tem perature, Tc, the resistance of 
the receiver coil, Rc ,  and the effective bandwidth. A /,  of the detection system. 
The time domain r.m.s. noise EMF, generated by the receiver coil is then 
given by [172, 124]
cn = y J i k T c R c ^ f -  (5 2)
Noise generated by the sample can be represented by an additional resistance, 
Rs,  in series with R c  giving an effective resistance, Rgff =  He  +  Hs  [173]. In 
MR this Reff depends on the operating frequency causing also to depend on 
the frequency. It has been found th a t a t low frequencies {Bq < 0.04T) the coil 
resistance dom inates over the sample resistance and has a square root dependence 
on Wo,
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whereas at medium to high frequencies { B q > 0.5T) the sample resistance is the 
dominant source of noise with an Wq dependence [173],
oc Wü oc Bo- (5.4)
For a given hardware configuration, i.e. a given Beff, though, the only variable 
in Cn  is \ /A / ,  which depends on the chosen bandpass filter and which should 
be set equal to the receiver bandwidth, BWrec [124]. The maximum frequency 
tha t can be accurately measured by an analog-to-digital converter is the Nyquist 
frequency, wnq. It is given by
Nx BWacq
^ nq =  XT =  — X— , (5.5)
^^ sample ^
where N^ is the number of data  points sampled and tsampie is the sampling or 
readout time.
A spectral component with a frequency greater than  wnq, for example wnq +  (^ , 
will appear at uj^ q — 6. Thus, only frequencies between ±w nq can be distinguished 
and to prevent unwanted aliasing of signal outside the detectable bandw idth a low- 
pass-filter of this width has to be used. Hence a lower bandw idth provides, as it 
cuts out noise, a method of improving the SNR for the measurement.
T h e Influence o f th e  E xperim en t on th e  S N R
From an experimental point-of-view the SNR depends on the imaging se­
quence, Ti and T2 , Tr and Te , image resolution and slice thickness. The SNR 
is directly related to the image acquisition pixel size. For example to increase 
the SNR by \/2  the pixel area has to be doubled, this can be done by sampling 
only half of the data  points in twice the dwell time, th a t is reducing the image
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resolution and acquisition bandwidth by two. Practically, if the resolution in the 
read direction is reduced also the resolution in the phase direction will be ad­
justed accordingly resulting in an increase in SNR by two as the pixel area will 
be increased by a factor of four.
Common practice, because of the low sensitivity of the NMR experiment, 
is to add the signal from N^cq successive experiments in order to enhance the 
SNR. Successive addition has the effect th a t signals add coherently while the 
noise adds in random phase. Because the noise power is additive, the r.m.s. noise 
amplitude is proportional to y^N^cq- As a result the SNR improves as Aacq/^Aacq 
or y^Aacq [124]. The only lim itation to the rate at which successive additions can 
be performed is given by Ti relaxation, tha t is recovery of the signal imposes a 
limit on the number of additions which are possible in a given time.
The Measurement of SNR in MR Images - The Rician Distribution
M agnitude images are most common in MRI because they avoid the problem 
of phase artifacts by deliberately discarding the phase information. The signal is 
measured through a quadrature detector th a t gives the real and the imaginary 
signals. The real and imaginary images are reconstructed from the acquired data 
by complex Fourier transform  and m agnitude images are formed by calculating 
the magnitude, pixel by pixel, from the real and imaginary images.
It is common practice to assume the noise in m agnitude MR images can be de­
scribed by a Gaussian distribution [174]. The power of the noise is then estimated 
from the standard deviation of the pixel signal intensity in an image region with no 
NMR signal. This can, however, lead to an approximately 60% underestim ation 
of the true noise power [174].
The reason is th a t in the presence of noise the probability distribution of the 
measured pixel intensity, Ps{S),  which is described by the so-called Rice density or 
Rician distribution, is far from being Gaussian for small SNR, th a t is for A/cr < 1, 
where A is the image pixel intensity in the absence of noise and a  denotes the
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Figure 5.6: The Rician distribution of S for different signal-to-noise ratios, ^ / a ,  and 
the corresponding mean values of the distributions, <S>  /cr, which is shown by the 
vertical lines. It can be noticed that the mean <S> ja  is not the same as A/a.  This 
bias is due to the non-linear transform of the noisy data (from [174]).
standard deviation of the Gaussian noise. For ratios oi A j a  = 3 and larger, 
however, it starts to approximate the Gaussian distribution (Fig. 5.6).
A special case of the Rician distribution is obtained in image regions where 
only noise is present, th a t is A =  0, and is know as the Rayleigh distribution. The 
mean signal, < S ^  >, and the variance of noise, for this distribution can be 
evaluated analytically and are given by [174]
(5.6)
and
crj, =  { 2 -  7r/2)(T^ (5.7)
thus, the true noise power, a, can be estim ated from the m agnitude image. From 
Equation (5.7) it follows th a t a = 1.53 a ^ .
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5.4.2 The SN R  Problem  in Burst
In Burst, the low SNR is due to the sequence design. A low flip angle has to 
be used to avoid interactions between the individual excitation pulses and high 
acquisition bandw idth is needed to minimise signal decay of successive echoes in 
the echo tra in  (see C hapter 3, Section 3.3).
The flip angle th a t can be chosen depends on the number of pulses used for 
DANTE excitation. W ith the phase modulation scheme introduced by Zha et 
al. [144] the flip angle has to be limited to a^ed = 7 t / 2 \ / ^ .  Hence, an increase 
in SNR of the DW -Burst images can be achieved by reducing the number of 
excitation pulses, which allows the flip angle to be increased. This increases the 
magnetisation available in the transverse plane and hence the SNR.
The high acquisition bandwidth, BWacq, is equivalent to a short sampling time 
of the data. The SNR can, thus, be optimised by increasing the sampling time 
to reduce the Nyquist frequency and low-pass-filter of the measurement. This 
reduces the noise generated by the RF coil (Eq.(5.2)) and hence increases the 
SNR.
S N R  M easurem ent for B u rst D a ta
For the Burst-diffusion d a ta  sets presented in this work the SNR was mea­
sured for the first magnitude image of the full data set. For phantom  data  the 
mean and standard deviation of two regions-of-interest, one being the tube with 
highest signal intensity and the other a background ROI away from the phantom, 
were calculated. The SNR for the data  was defined as the ratio of the average 
mean signal, <  5max > , to the average standard deviation of the noise, ctat, cor­
rected for the different statistics of the noise in the phantom compared with the 
background [175, 176], th a t is
SNR  =  4 % ^ .  (5.8)
1.53 (7n
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For in vivo images where there was no region w ithout signal present the SNR 
was estim ated as SNR  =  < Smax /(%s, where as  denotes the standard deviation 
of the mean signal < S^ax > •
5.5 Limitations of Burst: Linked Gread and Gd
5.5.1 Coupled FOV and Diffusion-W eighting
In Section 3.4, § 3.4.1 it was shown th a t the effects of diffusion and T2 - 
relaxation are not only closely related to the properties of the sample under 
investigation but also to the intrinsic scheme of the Burst sequence.
The diffusion gradient in DW -Burst also acts as the read gradient^. Thus, 
unlike in other diffusion imaging methods it is not an independent param eter. 
This is very im portant in imaging terms, as amplitude, length and direction of 
this gradient are strictly linked to other param eters such as the field-of-view, 
image resolution or m atrix size.
^  A/Cread 27T 1 /c
Dread “  — -------  - --------  T------- , (5-9)
T  ^sample r  i J V read T  ^sample
where tgampie is the sampling time.
This also causes another problem. The diffusion-weighting of an image is 
determined by the b-value, which for the standard POSE m ethod is given by [15]
5 =  (-y G D )V (A -f^ /3 ). (5.10)
Here the diffusion gradient with magnitude, G d , determines the diffusion- 
weighting as the diffusion time, 6, and the gradient separation. A, are constant. To 
acquire a set of diffusion-weighted images the FOSE experiment is repeated with 
different G ^ ’s. These can be chosen such th a t the b-values are uniformly spaced.
Gread Gexc — Gacq — Gd
116 C H A P T E R  5. AD VAN C ES A N D  M ODIFICATIONS OF D W -B U R ST
In Burst, however, a set of increasingly diffusion-weighted images is obtained in 
one experiment and the diffusion-weighting of the individual images depends on 
the interspacing between successive pulses, r  (Sec. 3.3). r  is a fixed param eter 
determined by the sequence design. The b-values, bi, for the individual echoes, 
denoted by the echo number, /, can be w ritten as
=  (7Gread)"(^f (Az -  (^z/3) (5.11)
where 0i = {I \ ) r  (Eq.(3.6)) and A/ =  Tq +  6i (Eq.(3.7)). Thus the set of b- 
values will not be equally spaced within the interval between the two extremes. 
Furthermore the echo tim e and thus T^-weighting of the individual images cannot 
be fully controlled either because it also depends on t (Eq.(3.3)).
To illustrate the problem Figure 5.7 shows a plot of echo times, defined by 
the sequence, versus b-values, thus diffusion-weighting, which can be obtained for 
four different FOV’s. The minimum FOV th a t can be chosen depends on the 
maximum available gradient strength of the system. It is for the 1.5 T  Siemens 
Magnetom Vision MR scanner 23 m T /m , hence for the DW -Burst sequence the 
minimum FOV is 110 x 110 mm^ giving a maximum b-value of 925 s mm~^. 
Clearly a t shorter echo times the b-values are more clustered together whereas for 
longer echo times they spread out further.
5.5.2 Diffusion-W eighting Restricted to Read Direction
Another lim itation of having a read gradient th a t is also the diffusion gradient 
is diffusion-weighting can only be obtained in one direction, which is a drawback if 
one is studying tissues with known anisotropic diffusion. Rotation of the sample to 
obtain diffusion images sensitised along other axes would be possible for phantom 
experiments, although impracticable. This method, however, is not normally 
feasible for clinical studies, although the flexibility exists to swap the read and 
phase gradients.
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Figure 5.7: Plot of echo time vs. b-value calculated for four different FOV’s: The 
minimum FOVread (= FOVx) that can be chosen is given by the maximum available 
gradient strength of the hardware. Here it is 110 x 110 mm^ corresponding to a read 
gradient of 21.56 mT m“ .^ With the minimum FOV the maximum b-value, that can 
be obtained is 925 s mm“ .^ The read gradient strengths for FOV’s of 140 x 140 mm^, 
180 X 180 mm^ and 220 x 220 mm^ are 16.94 mT m " \  13.18 mT m“  ^ and 10.78 mT 
m“  ^ respectively. These give maximum b-values of 571 s mm~^, 364 s mm“  ^ and 231 
s mm“ .^
5.6 Limitations of Burst: M otion in ‘^ In V ivo” 
Imaging
5.6.1 The Effect of M otion
Patient motion can seriously corrupt image quality in diffusion-weighted MRI, 
in the worst possible case destroying image details completely and making calcu­
lations of diffusion coefficients impossible. The source of m otion problems in DWI 
comes from the application of the large diffusion-weighting gradients, which not 
only sensitise signal intensity to diffusive motion but also signal phase to coherent 
sample motion along the axis of the applied gradient. As a result a variable phase 
error is introduced, which causes severe ghosting artifacts in the phase-encoding 
direction upon image reconstruction [32].
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Involuntary Patient M otion
In diffusion imaging two motion problems must be addressed. The first can be 
associated with involuntary patient motion and can partly be overcome by phys­
ically constraining the subject whilst the second is due to physiological motion.
Most previous analysis of involuntary motion has been applied to the head, 
where it can be assumed to be rigid body motion. It can then be described as 
a linear superposition of translational motion and rotation [32, 33]. The NMR 
signal sampled after the diffusion-weighting gradients have been applied has a 
uniform phase shift caused by translation, which is proportional to the velocity 
of the motion, and a linear phase-variation in the direction perpendicular to the 
rotation axis and the diffusion gradient direction.
T h e Effect o f  M otion  on th e  N M R  Signal Substantial work has been done 
to describe the effect of rigid body motion on the NMR signal [33, 177, 149]. Here 
a brief summary should be given and the effect of rigid body motion on a standard 
PGSE sequence and differences to the Burst-diffusion sequence outlined.
To quantify rigid body motion of a subject two co-ordinate systems have to be 
distinguished, first the laboratory frame (R  =  ( X , Y , Z ) )  defined by the imaging 
gradients and second the body frame {r = {x,y,  z)) which moves with the patient. 
The origins of the two frames with co-ordinates Rq and Tq in the laboratory and 
body frame respectively should coincide. In the body frame there is no patient 
motion, while in the laboratory frame there are both translations and rotations.
The measured NMR signal from an individual point in the laboratory frame 
has employing standard  k-space notation the form [33]
5(K ) =  (5.12)
where the first phase term , ç!>(R) =  (f)(X,Y,Z),  describes the phase error due 
to motion during diffusion weighting, while the second is the expected phase
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produced by the imaging gradients.
To understand the effect of rigid body motion on the MR signal the goal is to 
relate this signal to the NMR signal, s(K), in the body frame th a t is unaffected 
by motion. To do so an explicit function for (f)(X, Y, Z)  has to be derived. For 
small displacements any change in position can then be described as a translation 
followed by a rotation [33]. The change in laboratory frame position, R, of a point 
at body frame position, r, is given by
R(t) =  Ro(t) +  [  ) X r d t \  (5.13)
JO
where uj(t) is the angular velocity with which the sample rotates. For small 
rotation angular velocities and /o r short times J q uf(t') x  r dt' can be replaced by 
0{t) X  r, giving R(^) =  Ro(^) +  0{t) x r [177]. The two vectors Ro(^) and 0{t) 
describe the change in the body fram e’s origin and orientation respectively.
The phase error acquired by spins in the presence of translation and rotation 
is given by
< (^%, y, Z) =  7 r  - R(^0 (5.14)
JO
where G ^ i t )  is the diffusion gradient. Substituting Equation (5.13) into Equation 
(5.14) allows the phase error to be w ritten as a function of the body frame co­
ordinates, and rearranging the vector triple product G o (t')  • [0{t') x r] as [G /)(f ) x 
0{t')] • r yields
(j)(x,y,z) = j  [  G D ( t ' ) d t ' T  j  [  [Goit') X 0{t')] - r dt'. (5.15) 
Jo Jo
Thus, the phase error accumulated by the spins can be split into two compo­
nents, one of which is due to translation, <^ trans, whilst the other is due to rotation, 
(f>Tot [33].
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^trans — T  ; ( 5 .1 6 )
where
%  = 'Ï l ‘ GDAt')yo{t')dt'  (5.17)
= 7 /  Gx3,z[t')^f>(t')dt'
and
th a t is
d k ^  =  j J ^  l G D , y ( t ' ) f f z { t ' )  -  G u , z i ^ ' ) d y { i ' ) ]  d t '
dky = l j ‘[GD A t ' )U t ' )  -  G o A t ' W ) ]  dt' (5.19)
d k z  =  y  I j G u A t ' W y i t ' )  -  G u A t ' % ( t ' ) ]  d t ' .
The NMR signal (Eq.(5.12)) can thus be written as
5 (K ) =  e '* " -  f  pr d h ,  (5.20)
here pr replaced pn  a substitution th a t is valid in the case of small angular dis­
placements, and, since the volume is the same in the two frames d^r was substi­
tu ted  for d^R. The ideal signal, th a t is the signal one would “measure” in the 
body frame, is
s{K) =  J  p,e'^-^ dh, (5.21)
and rewriting Equation (5.20) in terms of Equation (5.21) finally gives
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S'(K) =  +  dk). (5.22)
Thus, the effect of linear displacement and rotation of a subject is a m ultipli­
cation of the ideal signal by a complex constant and a shift in k-space [33].
Once errors due to the effect of the large diffusion gradients on the NMR 
signal have been taken into account the distinction between the two frames of 
reference can be dropped [33], thus, in the following x, y and z will be again used 
to denote the gradient (laboratory) frame of reference with x  being the read, y 
the phase-encoding and z being the slice-selective direction.
M otion  in th e  Standard P G S E  E xp erim en t In the previous paragraph 
the NMR signal under the influence of rigid body motion in its general form has 
been derived. For the standard PGSE sequence it can be assumed th a t substantial 
signal evolution only occurs during the application of the large diffusion gradients.
For the following discussion the diffusion gradient shall be applied in the x  
direction only for a duration of 6 and shall be separated by A (see Figure 2.4). The 
largest distortions can then be expected also for movement along this direction, 
th a t is translation in x-direction and rotation perpendicular around the z-axis. 
Assuming spins at the initial position Xq, move with velocity, Vx^  constant over 
the time the diffusion gradients are applied.
The phase accumulated due to translation is then given by [32]
r t ' r t
0tran s =  /  d^x  =  /  i G d (Xq +  Vxt') dt ' . (5.23)Jt'=o Jo
In this equation Go is the magnitude of the diffusion gradient. The phase 
accumulation is independent of motion along the y- and z-axes since there are no 
diffusion gradients applied along these directions. Integration of Equation (5.23) 
with the appropriate limits of the PGSE experiment and incorporating the effect 
of the 180° refocusing pulse as a change in sign of the first gradient pulse gives
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the net phase accumulation, 0trans,
0tra n s ~  ^trans,^ “b Ç^trans,A+5 — 
r6
=  ~ ^ C d /  (a^ o +  Vxt) dt +  j C d /  (a^ o +  Vxt) dt, (5.24)
J o  J a
thus
^trans — ' jC jjNÔVx- (5.25)
From this equation it can readily be seen tha t the signal phase is independent 
of the starting position, Xq, and proportional to velocity, Vx- Therefore, if the 
whole object moves as a single entity or rigid body this movement will result in a 
net phase shift of the NMR signal.
Calculating now the phase error due to rotation, with z as axis of rotation 6z 
is the only component of the rotation angle th a t is different from zero. Let the 
rotation have angular frequency, w, constant over the time of the experiment and 
9z = cot shall satisfy the small angle condition. The components of dk  in Equation 
(5.19) reduce to
dk —i C d f  ^ t '  dt' , (5.26)
JoJO
and similar to the calculation of the net phase error due to translation the net 
phase shift of the k-space d a ta  due to rotation, dk =  dky, for the PGSE experiment 
is
dky = dky^s -f- d/Cy,A+(5 =  "fGo ^ t  dt -  ^ C d wt dt, (5.27)
giving
dky = —j C d XÔüj. (5.28)
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Physiological M otion
The second motion problem is a physiological one, namely cardiac induced and 
respiratory motion [178]. Organs in the chest and abdomen move as part of phys­
iological motions and cause ghosting and blurring of the images [178, 179, 180]. 
The m ajor consequence of such movement is an oscillation of the magnetic field in 
the FOV arising from the bulk magnetic susceptibility fiuctuations induced by the 
moving organs. These field changes manifest themselves as spatially dependent 
phase-modulations in the MR signal.
The movement of various organs associated with respiration and heartbeat is 
very complex and it is difficult, if not impossible, to describe these motions in 
a quantitative manner. Compensation of physiological motion is, thus, difficult. 
Several motion suppression techniques such as adaptive motion correction [181], 
real-time respiratory triggering or breath-hold feedback [182, 183] and real-time 
gating [182] have, thus, been introduced to help reducing these motion artifacts.
5.6.2 Navigator Echoes
The principle of the navigator technique was originally described by Ehm an 
and Felmlee [181] in 1989 and first applied to the correction of translational mo­
tion artifacts in diffusion-weighted images by Ordidge et al. [32] five years later. 
Anderson and Gore [33] extended the work to general rigid body motion.
The basic idea is to measure and remove the phase-shift introduced by motion 
from each of the acquired image echoes. This can be achieved by acquiring a sec­
ond echo, the navigator echo, following the initial image echo, in which the phase 
encoding is rewound so th a t the echo phase change between successive navigator 
echoes only depends on the phase change due to motion between them. This 
method allows for the removal of the constant phase shift caused by translational 
rigid body motion. Anderson and Gore [33] reported the use of navigators to 
correct images for general rigid body motion, th a t is for ro tation around all axes.
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They showed th a t correction is possible in the case the diffusion gradient is applied 
in the phase-encoding direction only, because only in th a t case enough informa­
tion can be gained to remove the phase shift between successive phase-encoding 
lines.
To this day motion correction of diffusion-weighted images has only been re­
ported for intra-cranial imaging. Head movement can be assumed to be rigid 
body movement, mainly translations and rotation with the back of the head as 
the most probable pivotal point occur. Although physiological motion of the brain 
has been recognised as a problem in fMRI studies, this is well understood and, 
thus, can be corrected for [179, 184].
5.6.3 M otion in Burst-Diffusion Imaging
In Burst-diffusion imaging the read gradient also acts as the diffusion gradient. 
This gradient has a larger am plitude and longer duration than  the other imaging 
gradients, thus, the sensitivity to motion will be dominated by the read gradient 
and motion artifacts due to the phase and slice-selective gradient can be ignored.
Each echo in the Burst-diffusion sequence experiences a read gradient of the 
same amplitude, but different length from th a t experienced by the echoes created 
by the other pulses. To apply Equation (5.15) the periods A B  and C D  represent­
ing the dephasing and rephasing gradients lobes for echo I respectively shall be 
introduced (see Eigure 3.5).
A =  0
B  = { I +  ^ ] t  = Si
C  — B  Tq — T Tq = Ai
D  = C  B  = 2 T Tq = Ai Si,
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where r  is the pulse interspacing and Tq denotes the delay time between the 
excitation and the readout gradient. Since B, C  and D  depend on /, the net 
translational phase error accumulated will also be a function of the echo number,
rB  rD
0 tra n s,/ ~  T ^ r e a d  (^ 0  d* Vxt) dt 'y G read (^ 0  "b Vxt) dt, (5.29)
yielding with the for the individual echoes defined integration limits
^    T G read
^trans,/ — 2r^l^ +  2 r ( r  +  Tq)1 +  —(r  +  2Tq) (5.30)2
Hence the phase due to translational motion is as in the PGSE m ethod in­
dependent of the starting position, xq, but it is a polynomial function of the 
second order in the echo number index. I, and will therefore be different for each 
diffusion-weighted image.
In analogy to the case described for the PGSE sequence largest distortions will 
occur for rotations in the direction of the readout gradient, thus rotations around 
the z-axis. dky will again be the only component different from zero,
dky =  7  /  G r e a d  UJt dt -  ^  [  Gread ^ t  dt, (5.31)
J Æ J C
Solving this equation for the previously defined integration lim its yields
,7 7  Gread ^dky^i — — 2 t ^I^ -p 2 t ( t  -p Tq)1 -p —{ t  -p 2To) , (5.32)
2
which is also a polynomial function of the second order in I. Thus, the phase 
errors due to rigid body motion in Burst-diffusion imaging increase with echo 
number and higher diffusion-weighted images will be more degraded by motion 
artifacts than images acquired with less diffusion-weighting. Furtherm ore it should 
be noted th a t although the motion sensitivity in Burst increases with diffusion- 
weighting it is not a m atter of b-values alone. In fact it depends more strongly 
on the pulse interspacing, r ,  as the following example illustrates.
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Figure 5.8: Dependence of the translational phase error, </>trans? on pulse interspacing, 
T .  b-values of 0, 10, 20, 50, 100, 200, 300, 400 and 500 s mm“  ^ were assumed and the 
corresponding </>trans calculated for two hypothetical 9-pulse Burst sequences, the first 
having r  =  1.92 ms and the second having r  =  10.24 ms. In both cases Tq was assumed 
to be 11.56 ms.
For a given set of b-values ranging from 0 to 500 s m m “ ,^ two different cases 
were as illustrated in Figure 5.8 assumed. In the first case, plotted in green, b- 
values were obtained with a short r  =  1.92 ms and in the second, shown in red, 
they were obtained with a long r  =  10.24 ms. Si, Ai  and Gread were calculated 
using Equations (3.6), (3.7) and (5.11). It should be noted th a t in this hypothet­
ical sequence Gread was different for each b-value. 0trans,/ was calculated using 
Equation (5.30). In the case of a short r  Gread was about a factor of 6 higher than 
in the case of the long r .  However, as can be appreciated in Figure 5.8 the phase 
error, </>trans,/î is much higher in the case of a long r .  In both cases it increases, as 
expected, with diffusion-weighting.
This fact will require further consideration when discussing possible improve­
ments of the Burst-diffusion sequence.
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5.6.4 Non-Rigid B ody M otion in Abdom inal Imaging
In the abdomen elastic bowel movement (gastrointestinal peristalsis), trans­
m itted cardiac and aortic pulsations and respiratory m otion cause random phase- 
shifts, which cannot be described by simple models and thus image correction is 
likely to prove extremely difficult if not impossible.
To minimise motion artifacts during extra-cranial image acquisition with Burst 
the different sources of motion artifacts already mentioned in C hapter 2, Sec­
tion 2.4 have to be considered. In DW -Burst these are (i) random phase m odu­
lations, which vary between the successive phase-encoding steps and lead to an 
incorrect phase relation between the different lines in /c-space, and (ii) coherent 
motion during a single phase-encoding step, which causes additional phase errors 
described above. These will be the m ajor source of motion artifacts and can only 
be minimised by reducing r  and T q. In the Burst-diffusion sequence this, however, 
would go hand in hand with a reduction of the readout time, thus an increase in 
bandwidth and a reduced SNR.
Motion artifacts due to random phase m odulations occur because of the long 
repetition time needed not to lose signal intensity and consequently image con­
trast. Spin-spin (Ti) relaxation times in the abdomen range from about 400 to 
1000 ms as measured during this PhD with IR-HASTE. Dam adian et al. reported 
similar Ti values measured at 2.35 T (see Table 2.2 “Ti relaxation times at 100 
MHz in normal and m alignant human tissues” in [166]). In the study presented 
in Chapter 4, for example, it was essential to be able to locate the rectal tum our 
on at least the first image acquired with least diffusion-weighting. Rectal adeno­
carcinoma have a Ti of approximately 1000 ms [185] and image contrast may still 
be satisfactory with a repetition time of 1500 ms, reducing the acquisition time 
from 4 minutes to 3 minutes.
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5.7 Improved Burst-Diffusion Sequences
5.7.1 Introduction
Keeping all the facts discussed in the previous paragraphs in mind, different 
diffusion sequences based on the “original” Burst diffusion approach each having 
certain advantages over the others were implemented on a 1.5 T Vision MR scan­
ner (Siemens, Erlangen, Germany). Some compromise was necessary between 
increased SNR and the diffusion-weighting th a t can be obtained. However, all 
proposed sequences had a better SNR than the original sequence, and sequences 
with a decoupled diffusion and read gradient also had higher diffusion-weighting. 
The following paragraphs outline how these improvements were achieved and the 
chapter concludes with an experimental comparison of these sequences using the 
diffusion phantom  developed during this PhD.
S ign a l-to -N o ise  R atio
Improvement in SNR was achieved by reducing the number of excitation pulses 
in the DANTE pulse train  from originally 16 to 9 pulses and increasing the pulse 
interspacing between the successive excitation pulses, bearing in mind th a t this 
will increase the sensitivity to motion. According to Zha et al  [144] a reduction of 
excitation pulses allows the flip angle to be increased, here from 15° to about 21° 
resulting in a gain in SNR of about 1.38. An increase in pulse interspacing from 
1.92 to 10.24 ms allowed the sampling time to be increased as well. Here tsampie 
was increased from 1.28 to 10.24 ms, which was equal to reducing the acquisition 
bandwidth from 100 and 12.5 kHz for a 128 x 128 matrix, giving a gain in SNR 
of \/8 . The new sequence therefore had an expected SNR th a t was approximately 
a factor of 4 better than  the SNR of the original sequence. Figure 5.9 shows 
two images of a phantom , the left acquired with the original DW -Burst sequence 
and the one on the right-hand-side with a sequence with improved SNR. The 
phantom consisted of tubes with solutions of acetonitrile, DMSO, glycerol and
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Figure 5.9: Comparison of images acquired with the original DW-Burst sequence {N 
= 16, BWrec = 100 kHz) and the improved sequence {N = 9, BWrec =  12.5 kHz). 
Coronal slice through a phantom (in clockwise order starting at the top the solutions 
are acetonitrile, distilled water, DMSO, glycerol and again distilled water) acquired with 
low diffusion-weighting (6 ~  4 s mm“ ^). The measured signal-to-noise ratios for the 
two sequences are SNRie = 8 and SNRg =  36 respectively. Different image contrast is 
due to different echo times of the two sequences. The shown images were acquired with 
Te = 23.18 ms and Te = 64.78 ms for the original and improved sequence respectively.
distilled water as illustrated. The SNR was calculated for distilled water using 
Equation (5.8) yielding an improvement of a factor of 4.5.
C oupled  FO V  and D iffusion-W eighting
The longer readout time, however, gave rise, in turn , to several problems. 
Images had higher T^-weighting and, due to the lower read/diffusion gradient, 
which was a direct result of the longer readout time, lower diffusion-weighting.
If one wants to obtain higher diffusion-weighting and improved SNR at the 
same tim e but keeping the field-of-view constant, a compromise has to be made 
between diffusion-weighting and SNR, as both are governed by the sampling time, 
s^ample, ^  an inverse relationship. Diffusion-weighting is via the read gradient 
inverse proportional to tsampie and the SNR is directly proportional to  s^ample-
O versam pling in th e  R ead D irection  and Im age R eco n stru ctio n  One
possibility to obtain higher diffusion-weighting and improved SNR for a given field- 
of-view is oversampling in the read direction followed by image reconstruction to 
the original m atrix  size. In other words in the first step the sampling time is
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Figure 5.10: Pulse sequence diagram of the DG-Burst sequence. Read and diffusion 
gradients are independent from each other. The diffusion gradients can be applied 
in any of the three or all three directions simultaneously and the amplitude of these 
gradients is a free parameter to suit the desired diffusion-weighting.
reduced by increasing the number of sampled points per echo in such a way that
2tt
— T h r e a d  ^ sample — COnst.
F O K e a d
is fulfilled. If, for example, the read gradient is doubled, i.e. the diffusion- 
weighting increased by approximately a factor of 4 (6 oc G^), the number of 
points sampled in the read direction has to be doubled as well to keep the FOV 
constant. This gives a higher spatial resolution in read direction and will result in 
a decrease in SNR. Reconstructing the image to its original resolution, however, 
can in a second step compensate for the loss in SNR.
D ecou p lin g  R ead  and D iffusion  G radient Oversampling allows the diffusion- 
weighting to be increased to some extent, but still diffusion-weighting cannot be 
fully controlled and depends on the field-of-view. This is not very useful, especially 
in clinical practice.
The coupling FOV and G d (§ 5.5.1) and single direction diffusion-weighting 
(§ 5.5.2), can both be overcome by introducing a new gradient pulse as diffusion 
gradient. Figure 5.10 shows this schematically. Here the excitation/read gradient 
is not constant during excitation and readout. In fact it is only applied for a 
short time together with the excitation pulses and during the acquisition of the
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Figure 5.11: Comparison of the diffusion-weighting obtained for the coupled and un­
coupled Burst-diffusion sequences. The single-pixel plot shows the combined D and 
Tg-decay of distilled water.
spin-echoes. In the delay, r ,  between the pulses a higher gradient, the diffusion 
gradient, which is now independent of the field-of-view, is applied. Diffusion- 
weighting of the acquired images will mainly depend on the gradient strength of 
this newly introduced gradient and it can be applied in any or all three directions 
simultaneously. For comparison of the performance of the new sequence, which 
shall be called the DG-Burst sequence and the original DW -Burst sequence the 
diffusion gradient was applied in the read direction.
Another benefit of the new sequence is th a t it can, potentially, be used to 
measure the T^-decay of the echo train  as well and there is no need for using 
a different sequence. The diffusion gradient has simply to be set to zero and 
mainly 7^-weighted images will be obtained. These can then be used to correct 
the diffusion-weighted images for T2 -related signal loss.
Figure 5.11 illustrates the improved diffusion-weighting of the uncoupled DG- 
Burst sequence over the improved DW -Burst sequence. The echo times and hence 
T2 -weighting of the two sequences were similar for the two sequences, but diffusion- 
weighting depended now on the chosen strength of the diffusion gradient and was, 
thus, improved. The SNR was expected to be lower for the DG-Burst sequence.
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Figure 5.12: Comparison of images acquired with the original DW-Burst sequence {N 
=  16, BWrec = 100 kHz) and the DG-Burst sequence {N = 9, BWrec = 25 kHz). 
Transverse slice through the pelvis of a healthy volunteer acquired with low diffusion- 
weighting (6 ~  0.3 s mm”^). The measured signal-to-noise ratios for the two sequences 
are SNRie =  7 and SNRg =  12 respectively.
because the readout tim e had to be reduced in order to keep the echo spacing the 
same. Figure 5.12 shows images of the human pelvis acquired in vivo with the 
original DW -Burst sequence and the DG-Burst sequence.
Figure 5.13: 4 out of 9 images with increased diffusion-weighting acquired with DG- 
Burst. Clearly images with higher diffusion-weighting are corrupted by transmitted 
motion from the bladder.
The main problem of the improved DW -Burst and DG-Burst sequences is their 
higher sensitivity to motion as shown in Figure 5.13. The reason in the case of 
DW -Burst is, as has been shown in § 5.6.3, the longer pulse interspacing, r ,  thus
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increased S and A. In the DG-Burst sequence, both, longer r  and higher diffusion 
gradients are the cause.
Im aging sequence: sb 9_b l2 .5 sb9_dg6 sb 9_d g l5
No. of images: 9 9 9
Pulse length (/is): 30 30 30
r  (ms): 10.24 10.24 5.87
Echo time (ms): 44.30 - 208.28 17.68 - 181.52 12.12 - 106.04
Readout time (ms); 10.24 5.12 2.56
Read gradient (mT m “ ^): 1.63 (3.26) 3.26 6.52
Diffusion gradient (mT m “ )^: 1.63 (3.26) 6 15
b-values (s m m “^): 1.11 - 141.56 
(4.28 - 565.26)
0.08 - 618.45 0.07 - 596.08
Table 5.4: Parameters of the improved Burst-diffusion sequences. For the coupled DW- 
Burst sequence b-values are for a FOV of 180 x 180 mm^ and 128 (256) x 128 matrix 
size. The relevant parameters for the original sequence are N  = 16, Te  = 15.50 - 73.10 
ms, Gread/GD = 13.18 mT m " \  b-values =  0.36 - 372.77 s mm^, further parameters 
can be looked up in Table 4.2.
Table 5.4 summarises the three new Burst-diffusion sequences with their re­
spective number of diffusion images th a t were acquired, their sequence and dif­
fusion param eters. For the following comparison each sequence was assigned an 
individual name: sb refers to spin-echo Burst, this is followed by the number of 
pulses in the pulse train, b stands for bandwidth in the coupled sequences and dg 
indicates the decoupled FOV and diffusion gradient where numbers specify the 
acquisition bandwidth and diffusion gradient am plitude in m T m “  ^ respectively. 
For example, the “original” Burst-diffusion sequence will, thus, be referred to as 
sbl6_bl00.
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Im a g in g  p a ra m e te rs
Tr (ms): 1500
Tot. meas. time (s): 192
Flip angle (deg): 21
Slice thickness (mm): 20
Slice orientation: coronal
Total no. of slices: 1
FOV height/w idth (mm): 180
No. of rows/columns* in image: 128
Table 5.5: Imaging parameters used for the evaluation of the performance of the new 
Burst-diffusion sequences. *256 points/echo in the read direction were sampled to in­
crease the diffusion-weighting of sequence sb9_12.5. These images were then recon­
structed to 128 X 128 matrix sizes. All sequences acquired 9 increasingly diffusion- 
weighted images.
5.7.2 Performance of the New Sequences: A Comparison
Phantom  studies were performed on a 1.5 T whole body clinical scanner using 
a Siemens head coil and body-phased-array coil. Sample was the diffusion phan­
tom described in Section 5.2. Coronal images through the centre of the tubes 
were acquired with the four Burst-diffusion sequences. Imaging and diffusion pa­
rameters are summarised in Tables 5.4 and 5.5. A flip angle of 21° was chosen 
in agreement with Zha’s et al. [144] calculations. T2 related signal loss of the 
diffusion-weighted images was corrected for using the T2 map, obtained earlier 
w ith a standard multi-SE T2 mapping sequence (repetition time, 1500 ms, echo 
times, 22.5 to 360 ms) (see Section 5.2). All measurements were performed with 
a field-of-view of 180 x 180 mm^ and a slice thickness of 20 mm.
D  maps were obtained by fitting a straight line to the Tg-corrected decay curves 
given by the natural logarithm  of the pixel intensities of the 16 or 9 increasingly 
diffusion-weighted images plotted against their associated b-values. The D  values
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of the individual tubes were derived by averaging over region-of-interests which 
included the whole tube. These values were then compared with reference values 
measured with a standard PGSE sequence. The SNR of the images was estim ated 
by measuring the signal intensity of the brightest tube on the first magnitude 
image, and dividing it be the standard deviation of the noise, cttv, measured 
in a region outside the phantom  using Equation 5.8.
5.7.3 R esults and Discussion
Two measurement series were carried out. In the first experiment the head 
coil was used and diffusion images with all four sequences were acquired. In all 
cases 128 x 128 matrices were acquired. In addition to increasing the diffusion- 
weighting 256 X  128 images were acquired with sequence sb9_bl2.5. These were 
reconstructed to images of 128 x 128 m atrix sizes. In the case where images 
with 128 X 128 matrices were acquired with this sequence no D  values could be 
extracted from the data, the reason being the insufficient diffusion-weighting.
Results were the same as obtained with the phased-array coil presented in the 
following and, thus, will not be reported here.
The experiments were repeated with the “original” sequence and the two DG- 
Burst sequences using a phased-array body coil. Images from the four array- 
elements were combined using the normal “sum-of-squares” algorithm  [186]. The 
images were analysed on a pixel-by-pixel basis by fitting a linear regression func­
tion to the decay curve given by the natural logarithm of the T^-corrected and 
normalised pixel intensities of the sixteen or nine increasingly diffusion-weighted 
images. On the resulting D  maps the diffusion coefficients of the solutions were 
calculated as means of nine regions-of-interest being the nine tubes. All RO I’s 
consisted of 169 pixels. Table 5.6 summarises the results. In the following para­
graph units of D  are in 10“  ^ mm^ s” E
Assuming adding MnGl2 to the solutions did not alter D  the purely water-
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S olu tion  D iffusion  coefficient, D
Solvent CMnci2 sb l6 _ b l0 0  sb9_dg6 sb 9_dgl5  P G SE
H2 0 0.025 2.2 ± 0.1 2.10 ± 0.07 2.23 ± 0.07 2.37 ± 0.04
H2 0 0.05 2.3 ± 0.1 2.29 ± 0.07 2.29 ± 0.09 2.35 ± 0.04
H2 0 0.10 2.4 ± 0.1 2.28 ± 0.09 2.29 ± 0.10 2.34 ± 0.04
98% DMSO 0.21 0.8 it 0.1 0.53 ± 0.02 0.61 ± 0.03 0.76 ± 0.01
98% DMSO 0.27 1.0 ± 0.1 0.54 ± 0.02 0.61 ± 0.03 0.73 ± 0.01
98% DMSO 0.32 0.9 ± 0.2 0.53 ± 0.02 0.66 ± 0.04 0.79 ± 0.01
98% DMSO 0.48 0.6 ± 0.1 0.52 ± 0.02 0.58 ± 0.04 0.72 ± 0.01
98% DMSO 1.04 0.6 ± 0.1 0.57 ± 0.04 0.57 i 0.05 0.74 ± 0.01
H2 O — 2.3 i 0.2 2.19 ± 0.07 2.2 0.2 2.2 ± 0.1
Table 5.6: Diffusion coefficients obtained for three Burst-diffusion sequences using a 
phased-array body coil as a receiver. D ’s are pixel averages over 169 pixels obtained 
from the calculated D maps. For comparison the D ’s obtained with a standard PGSE 
sequence are also shown, (c and D in units of mM and 10“  ^ mm^ s~^ respectively)
based and the DMSO-based MnCl2 solutions should have had the same diffusion 
coefficient and measured variations were due to the experiment. The measured 
mean D ’s for the pure MnCl2 solutions were 2.3 ±  0.1, 2.2 ±  0.1 and 2.27 ±  0.03 
for the original DW -Burst sequence and the two DG-Burst sequences respectively. 
The pulsed-gradient SE experiment yielded a D  of 2.35 ±  0.02. For the DMSG 
solutions mean D ’s of 0.8 ±  0.2, 0.54 ±  0.02 and 0.61 ±  0.04 were obtained. For 
comparison the PGSE experiment gave 0.75 ±  0.03. As can be seen in Table 5.6 
the measured values were in general lower than the ones obtained with a standard 
PGSE sequence, only data  obtained with the original sequence resulted in higher 
D ’s of the 0.21 mM, 0.27 mM and 0.32 mM MnGl2-DMS0 solutions.
The d a ta  were then analysed using averaged ROPs. All images were T2 - 
corrected and normalised with respect to the first one. ROPs were drawn on 
all images, these were the same as were used for calculating the D  values in the 
method above. A single-exponential was fitted to the decay curves given by the
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Solu tion D iffusion P earson  correlation
coefficient coeffic ien t (R -value)
sb ie.b lO O
MnCl2 (aq.) 0.025 mM 2.1 ±  0.1 0.986
MnGlg (98% DMSO) 0.27 mM 0.9 ±  0.1 0.897
MnClz (98% DMSO) 1.04 mM 0.58 ±  0.04 0.923
distilled water 2.3 ±  0.1 0.988
sb9_dg6
MnGl2 (aq.) 0.025 mM 2.0 ±  0.1 0.990
MnCl2 (98% DMSO) 0.27 mM 0.5 ±  0.1 0.889
MnClg (98% DMSO) 1.04 mM 0.5 ±  0.1 0.913
distilled water 2.2 ±  0.2 0.990
sb9_dgl5
MnCl2 (aq.) 0.025 mM 2.1 ±  0.1 0.991
MnClg (98% DMSO) 0.27 mM 0.5 ±  0.1 0.889
MnClz (98% DMSO) 1.04 mM 0.55 ±  0.07 0.913
distilled water 2.2 ±  0.2 0.991
Table 5.7: Diffusion coefficients obtained with three Burst-diffusion sequences for three 
representative samples and distilled water by ROI fit of a single-exponential to the T2 - 
corrected decay curves of the full 16- or 9-image data set. {D in units of 10“  ^ mm^ s“ )^
averaged signal of the increasingly diffusion-weighted images vs. b-values to yield 
the diffusion coefficients. This method gave the same result as the previously 
performed linear regression analysis (compare Table 5.6 and Table 5.7). Fig­
ure 5.14(a) and (b) shows representative plots for the original sequence and the two 
DG-Burst sequences where the sequences gave consistent results and Figure 5.15 
illustrates a case where the original sequence overestimated D  with respect to the 
improved sequences.
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Figure 5.14: Two out of seven plots where the Burst sequences yielded consistent results, 
(a) Aqueous 0.025 mM MnCb solution, <D> = 2.07 ±  0.05. (b) DMSO-based 1.04 
mM MnCb solution, <D> = 0.54 ±  0.03. {D in units of 10“  ^ mm^ s“ ,^ sb9_dg6 and 
sb9_dgl5 data are shifted by -0.4 and -0.8 on the ln(5/5o)-axis respectively)
A reason, why the Burst sequences gave a different result for the D ’s than 
the PGSE sequence might be a systematic variation in the amplitude decay th a t 
seems to affect the decay curves obtained with Burst.
Figure 5.16(a) and (b) shows the Burst echo-train without phase-encoding 
acquired with sb9_dgl5 a t two flip different angles. The diffusion gradient was 
set to zero and a large FOV of 600 x 600 mm^ was chosen to minimise Gread and 
thus diffusion-weighting. The maximum b-value obtained with this experimental 
set-up was 7.35 s mm~^. Distilled water with a measured T2 of 2.4 ±  0.2 s was
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Figure 5.15: DMSO-based 0.27 mM M11CI2 solution. The “original” sequence and 
the improved sequences gave different results. The signal decay measured with the 
“original” sequence is much steeper resulting in a higher D, Dgbie =  0.9 ±  0.1, D^hd = 
0.5 ±  0.1. {D in units of 10“  ^ mm^ s " \  sb9_dg6 and sb9_dgl5 data are shifted by -0.4 
and -0.8 on the ln(S'/iS'o)-axis respectively)
used as sample in order to suppress T^-decay of the echoes. However, because of 
the long echo time (Te.max) some 7^-decay could still be expected (~  96% for the 
ninth echo). The echo tra in  acquired with the reduced flip angle suggested by Zha 
et ai  [144], i.e. a^ed = 21°, exhibited an initial increase in signal am plitude up to 
the fourth echo, which then decreased but increased again for the seventh echo 
(Fig. 5.16(a)). Plots of the diffusion data  acquired with DG-Burst presented in 
Figures 5.15 and 5.14 showed exactly the same variation in echo amplitudes. D ata 
obtained at lower flip angles (a  =  10°) exhibited the same variations, but became 
less and less with smaller flip angles, thus could probably be partly  due to the 
presence of unwanted stim ulated echoes. Figure 5.16(b) shows a plot of the echo 
train  obtained with a flip angle of o: =  5°, only a t this low flip angle and lower 
a smooth decay of the echo train  with T2 and D  as expected can be observed. 
The da ta  shown in Figures 5.15 and 5.14 were attem pted to be corrected with 
the calibration factors obtained from the da ta  shown in Figure 5.16(a). However, 
the decay curves could not be improved significantly and are for this reason not 
shown.
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Figure 5.16: Echo train of nine echoes acquired with Burst with no phase-encoding 
gradient. A large FOV (600 x 600 mm^) was chosen and distilled water was used as 
sample to suppress diffusion and T-g-decay of the echo train, (b) a; =  5°.
The SNR was estim ated for all sequences using the head and the phased-array 
body coil. The SNR of images acquired with the body coil was consistently lower 
then when using the head coil for image acquisition. Using the head coil SNR’s 
were 57, 209 and 144 for the three sequences sbl6_bl00, sb9_dg6 and sb9_dgl5 
respectively. Images obtained with the phased-array body coil yielded SNR’s of 
46, 155 and 100. For comparison the SNR of the image acquired with a standard 
spin-echo sequence used to obtain So in the PGSE experiment, was 431. Hence, 
the original DW -Burst sequence had a by a factor 9 lower SNR than a standard 
spin-echo sequence. Reducing the number of pulses in the pulse train  and reducing 
the acquisition bandw idth to get sequence sb9_dg6 gave the predicted increase in 
SNR of a factor of about 3 to 4. Comparing the SNR of the two DG-Burst 
sequences, the SNR of sb9_dgl5 was reduced by approximately \/2  with respect 
to sb9_dg6, which has been predicted as the sequence had double the bandwidth 
of sb9_dg6.
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5.8 Conclusions
In this chapter a new diffusion phantom  based on MnCU and DMSO has been 
proposed, which already has been successfully used in a different preliminary 
study [37]. The available diffusion coefficients were Odmsg =  0.75 ±  0.05 for 
DMSO-based solutions and Daq =  2.35 ±  O.OI for aqueous solutions. Ti and T2 
values covered a wide range as could be expected in the human pelvis.
The problems of the original Burst-diffusion approach have been addressed 
and new and improved sequences discussed. All sequences showed improvement 
in SNR with respect to the “original” sequence. For the decoupled sequences, 
here referred to as “DG”-sequences also the diffusion-weighting could be greatly 
improved. However, the echo train  is a t the used flip angle strongly affected by a 
systematic variation in the amplitude decay, probably due to unwanted stim ulated 
echoes. It has been shown th a t this variation becomes negligible at flip angles of 
5° or lower, this would severely reduce the SNR, though.
It has only been briefly mentioned in this chapter th a t the improved Burst se­
quences were due to their longer r  and /o r higher Go  more susceptible to motion 
artifacts than the original sequence, especially the higher diffusion-weighted im­
ages were severely degraded by motion artifacts. This and the potential of using 
the improved Burst sequences in vivo will be discussed in C hapter 7.
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Chapter 6 
Diffusion-W eighted Echo-Planar 
Imaging
6.1 A Short Overview
After an introduction of single-shot echo-planar imaging (EPI) the aim of 
this chapter is to discuss the development of a multi-shot diffusion-weighted EPI 
sequence, and its future application in quantitative DWI of the human pelvis.
In the first part to this chapter, the differences between conventional imaging 
and EPI will be outlined and it will be shown th a t these are the cause for the 
characteristic imaging artifacts observed in single-shot EPI. In the second part 
the segmented EPI approach and the imaging sequences studied in this PhD 
will be discussed. Imaging artifacts can be greatly reduced with this approach. 
Although no longer a single-shot technique, segmented or m ulti-shot EPI is still 
much faster than conventional imaging. Preliminary phantom  experiments and 
a simple computer model th a t confirms the experimental da ta  will be presented 
and the m ajor problems with these sequences outlined.
Single-shot EPI was first envisioned by Mansfield and co-workers in 1977 [12]. 
From its earliest days the technique has been known to produce images in times
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about 1000 times faster than  the conventional imaging techniques, implying an 
excellent tim e resolution and freedom from motion artifacts. This made EPI 
the method of choice for two m ajor applications of MRI, namely the techniques 
of diffusion-weighted imaging and functional neuroimaging (fMRI) of the brain. 
Diffusion-weighted EPI was first conceived by Turner [187] in 1986 and within a 
short period of time the technique was developed to the point th a t it could be 
used for the evaluation of variations in tissue water mobility in brain tumours and 
stroke [122]. The technique is now routinely used for intra-cranial DWI [125].
However, EPFs m ajor plus of rapid image acquisition and, thus, the production 
of images virtually free of motion artifacts must be set against other severe imaging 
artifacts, especially in regions of varying magnetic susceptibility. Furthermore 
the necessity of completing image acquisition before the signal decays via 
often leads to low spatial resolution. Clinical applications were therefore for a 
long time restricted to the head. Outside the brain the ultrafast MR technique 
has shown its value in imaging and diffusion imaging of the upper abdomen and 
abdominal organs [18, 19, 127], with its m ajor application in hepatic imaging and 
the detection of focal liver lesions [127, 129, 128]. Hardly any work using EPI for 
imaging of the pelvis, however, has been published to this day [23, 188].
6 . 2  D ata Sampling in EPI and Conventional 
Imaging
6.2.1 Introduction
All MRI methods can be regarded as differing ways of sampling the echo data  
in k-space by means of various strategies for varying the imaging gradients. To 
yield an image of one slice one must “fill” the 2-D k-space m atrix corresponding 
to the 2-D representation of the spin distribution. An inverse FT  recovers the 
proton density distribution in conventional Fourier encoded imaging. Early MR
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methods to be commercialised sampled only a small portion of k-space after each 
RF excitation, tracing a different trajectory each time and building up a complete 
picture only after N  repetitions. In single-shot EPI the trajectory  performs a 
raster scan to sample the whole k-space for a given spatial resolution after one 
single excitation.
6.2.2 k-Space Coverage in Conventional Imaging
echo
RF/signal
jr.
'slice
m 'phase
’read
"-3
Figure 6.1: Conventional 2D-GE sequence and corresponding k-space trajectory. The 
k-space data lines are acquired from left to right.
In conventional imaging N^  points equally spaced in tim e are collected along 
the frequency-encoding (or read) direction under a constant gradient amplitude, 
Gx- The second dimension is encoded by incrementing the phase contribution of 
the orthogonal gradient to the readout gradient, namely Gy, for each acquisition 
of the signal, S{t).  The number of points required to resolve a sample along this 
direction, Ny, determines the number of times th a t S(t)  has to be read.
The trajectory described along k-space depends solely on the tim ing of the 
imaging gradients between the end of the RF excitation and the end of data  
collection. A single line of da ta  is acquired per excitation during a constant 
Gx- The excitation is then repeated at a rate given by the repetition time, Tr , 
as many times as necessary to fill the whole raw data  m atrix along the second 
dimension, Ny. To proceed in /cy-direction the am plitude of the phase-encoding 
gradient applied prior to signal readout is changed with every repetition in steps
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of ACy,  thus the trajectory described by the k-space vector consists of a series of 
horizontal lines. Figure 6.1 shows a conventional 2D gradient-echo (GE) sequence 
(a) and the corresponding k-space trajectory (b).
6.2.3 k-Space Coverage in EPI
signal
’phase
’read
Figure 6.2: EP readout module for a trapezoidal read gradient with a triangular blipped 
phase-encoding gradient and the corresponding k-space trajectory. The odd k-space 
data lines are traversed from left to right, i.e. “forward” in time, whereas the odd lines 
are traversed from right to left or “backward” in time.
By contrast EPI encodes all the information necessary to reconstruct an im­
age in a single shot after application of the RF excitation. The generic readout 
module for a GE (sometimes also referred to as gradient recalled echo (GRE)) 
EPI sequence and its corresponding k-space trajectories is shown in Figure 6.2 
(see also Figure 2.7(a) and (b)). In principle an oscillatory gradient is applied 
along the read direction and a train  of echoes is generated. Each echo is then 
phase-encoded independently and the entire k-space m atrix is acquired in a single 
shot. Figure 6.3 illustrates these steps in a flow chart.
At a first glance G E-EPI may be considered an extension of the conventional 
GE sequence. And although some similarities do exist between conventional en­
coding and EPI it is necessary to understand this process more in detail to judge 
correctly the appearance of EPI images and to understand where the problems of 
EPI regarding imaging artifacts come from.
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Figure 6.3: Flow chart of the gradient encoding scheme for blipped single-shot EPI, the 
most common form of EPI. Each line of data collection on the readout axis is separated 
by a brief pulse of the phase-encoding gradient (from [189], p. 19).
Frequency-E ncod ing in E P I
In conventional imaging techniques a single echo is used to scan one line in 
k-space. In EPI the addition of the bipolar oscillating gradient along the readout 
direction, usually referred to as the EP readout, perm its the generation of an 
echo train, and each of these echoes can be phase-encoded independently. Image 
artifacts (see Section 6.3) as such are not present in the read direction, neither 
T2 decay nor chemical shift artifacts have to be expected given the very short 
acquisition time per echo, hence the large readout bandwidth used. This is usually 
much larger than  the one used in conventional scans [190].
In both cases, EPI and conventional GE imaging, the gradient echo is gener­
ated using a bipolar read gradient structure. The effective echo tim e th a t deter­
mines the predom inant image contrast is related only to the tim e th a t it takes 
the echo to which the centre of k-space is assigned, to occur. Likewise in the case 
of SE-EPI the echo th a t coincides with the RF echo, th a t is the one at twice the 
distance between 90° excitation pulse and 180° refocusing pulse, shows the same 
signal behaviour as th a t collected with a conventional SE sequence. The other 
echoes suffer, similarly as in GE-EPI, from decay.
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P h ase-E n cod in g  in E P I
In Chapter 2, Section 2.5 the two approaches used to step from one line in 
k-space to the next have already been briefly mentioned. These are whether a 
constant gradient applied over the entire duration of the EP readout [12, 43] or 
a phase-encoding “blip” of short duration applied at the end of each frequency- 
encoding gradient pulse [191, 192]. Depending on which m ethod is used the trajec­
tory along k-space follows whether a zigzag or a rectilinear path. In the following 
only the m ethod using a “blipped” phase-encoding gradient will be discussed.
Figure 6.2 shows the tim ing table of a generic GE-EPI sequence with a blipped 
phase-encoding gradient and the corresponding picture of the sampled k-space 
trajectory.
6.2.4 Nonuniform D ata Sampling in EPI
In EPI, da ta  acquisition must be accomplished in a time roughly similar to 
the tissue T^ relaxation time [193]. To achieve this it is essential in EPI not to 
prolong image acquisition times unnecessarily, thus to sample the MR signal also 
during the gradient ram p times.
A simple example should illustrate the importance of sampling during the 
gradient switching times as well. L et’s assume an EPI image of dimension Nx x Ny  
should be acquired with a flxed gradient rise time, trise, which prolongs the to tal 
acquisition time by Gdd?
Gdd ~  2 Ny tj-isQ. (fl 1)
Typical trise =  300 fis and Ny = 128, the to tal prolongation of the scan is then 
76.8 ms, which is in the order of typical relaxation of soft tissue (white m atter 
90 ms [168]). Adding the net da ta  acquisition time (~  Nx ^ro), the result is a 
to ta l acquisition time per image of far more than 150 ms assuming a typical echo
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Figure 6.4: Uniform time data sampling of MR signal data for a constant gradient (left) 
and for a trapezoidal gradient shape (right) showing gradient amplitude changes over 
the acquisition time and how these affect the sampled points in k-space (from [189], 
p.149).
acquisition time, t^o = 1.28 ms.
Sampling during a time-changing gradient shape, however, has certain impli­
cations th a t have to be considered when reconstructing the image.
U niform  T im e D om ain  D a ta  Sam pling
W hen data  is sampled uniformly in time during a constant gradient this re­
sults in an equidistant k-space grid. For a general gradient shape, though, the 
resulting k-space will be non-equidistant as shown in Figure 6.4, where as exam­
ples equidistant time sampling for a constant read gradient and for a trapezoidal 
gradient with linear ram p times are illustrated.
Conventional MR image reconstruction uses 2D-FT th a t requires equidistantly 
spaced k-space data. To achieve uniform distribution in k-space the da ta  need to 
be post-processed. Interpolation rasters are used to define those tim e points for 
which k-space is sampled equidistantly and the MR signal is then reconstructed 
at exactly these times [194].
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Figure 6.5: Nonuniform time data sampling using nonuniform analog-to-digital con­
verter (ADC) triggering. The trigger times are adjusted such that the area under the 
gradient pulse between times tm and tm+i is constant (from [189], p. 156).
U niform  k-Space D a ta  Sam pling
Interpolation of the MR signal onto a uniform k-space grid, however, can be 
a time consuming process, therefore a second m ethod to acquire the data  during 
gradient switching is to sample the data  unevenly in time space in such a way 
th a t the points are evenly distributed in k-space as illustrated in Figure 6.5.
6.3 Image Artifacts in Single-Shot EPI
The higher sensitivity of EPI to image artifacts compared to conventional 
imaging has two reasons. The first reason is the necessary reversal of every second 
echo which is vital for correct image reconstruction and the second is the long 
readout period of the echo train  th a t is acquired in a single-shot.
6.3.1 Artifacts Due to Gradient Reversal
N /2  or N y q u ist G h ostin g
A unique problem of EPI is due to the fact th a t every second line in k-space is 
acquired under a negative gradient, which implies th a t this line goes backwards in 
k-space and must therefore be reversed with respect to time. Misalignment of the
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Figure 6.6: (a) Effect of a misalignment of odd and even echoes due to a time delay 
between the current (analog-to-digital converter timing) and the applied gradient field. 
Time reversal of every second echo leads to a zigzag pattern of the echoes in k-space 
(from [189], p .181). (b) The appearance of N/2 ghosting in phase-encoding direction.
even and odd echoes causes a ghost image th a t is shifted by one half of the FOV, 
hence the name N /2 ghost, in the phase-encoding direction. The misalignment of 
the echoes can, for example, arise from eddy currents or the receiver system.
E d d y  C u r re n ts  in  E P I  Eddy currents cause a tim e delay between the cur­
rent in the coil and the gradient field and they lead to  a reduced gradient field 
amplitude. The time delay causes the magnetisation to refocus late (Fig. 6.6(a)). 
Due to the necessary time reversal of every second line these echoes are shifted 
in k-space by th a t time delay in opposite direction, resulting in a zigzag pattern  
of the echoes in k-space and upon FT leading to the aforementioned N /2 ghost 
(Fig. 6.6(b)).
A second problem of eddy currents is tha t these are not exactly symmetrical 
and introduce B q field modulations proportional to the gradient amplitude. The 
result of these m odulations is a change in the resonance frequency of the spins 
from line to line. The B q field changes with the polarity of the read gradient. As 
d(l)/dt oc B{t),  the phase, 0, of the MR signal differs from even to odd lines again 
leading to an N /2 ghost.
152 CHAPTER 6. DIFFUSION-WEIGHTED ECHO-PLANAR IMAGING
  true signal
—  Ideal signal
tlmedelay
odd line
even line ^
Figure 6.7: Signal degradation due to the low pass filter causing Gibbs ringing and in 
EPI due to the necessary reversal of every other echo to N/2 ghosting (from [189], 
p.l84).
T h e  R ece iv e r S y s te m  As has been discussed in C hapter 5, Section 5.4 to 
improve SNR a low pass filter is used to cut off noise associated with frequencies 
higher than the sampling rate. The characteristics of the analog filter is th a t the 
output signal, which can be described as the convolution of the input signal with 
a filter dependent convolution kernel, is distorted asymmetrically in the positive 
tim e direction causing Gibbs ringing. For example, considering a step function, 
the effect of the filter is to cause a long signal delay in time and oscillations of the 
signal (Fig. 6.7), which after the necessary time reversal of every other line result 
again in a time shift and thus N /2 ghosting.
N /2 ghosting can be corrected for, where the correction method used depends 
on the data-sam pling scheme. If da ta  are sampled evenly spaced in the time 
domain, correction scans acquired without phase-encoding are used to estim ate 
the phase difference, A0, between even and odd lines. The phase of all k-space 
lines in then corrected by simply subtracting A(p from the Fourier transformed 
d a ta  pixel by pixel, which is then Fourier transformed again to obtain the corrected 
tim e domain data. In nonlinear sampling a da ta  shift would violate the Nyquist 
criterion and an exact adjustm ent of the analog-to-digital converter raster with 
the gradient field is necessary. On the Siemens scanner this is done during receiver 
adjustm ents, where an additional A D J/A D C verification scan is performed.
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6.3.2 Artifacts Due to Low Bandwidth in Phase-Encoding  
Direction
Several effects can be related to the very narrow bandw idth per pixel in the 
phase-encoding direction and the long data  acquisition time. These are (i) a large 
fat-water shift, (ii) geometric distortions in the case of B q inhomogeneities induced 
either by the magnet or by the patient, (iii) signal loss due to dephasing and (iv) 
resolution loss due to filter effects of 7^. The first three can be summarised as off- 
resonance effects and all spins th a t are not processing at the resonance frequency 
are affected.
The M R Signal in its General Form
The NMR signal in the presence of a field gradient, G, and including off- 
resonance spins can in its general form be described by [195]
S{t) =  / / /  (6.2)
where
4> —  {Auj +  'yABo)t j r  ' J  G{t')dt'  = 0off T  (6.3)
The phase 0off describes all off-resonance effects, in particular chemical shift 
effects, denoted by Alo, coming from spins bound in different chemical environ­
ments and geometric distortions arising from main-held inhomogeneities, ABq.  
4>g is the phase introduced by the imaging gradients, G — (G^, Gy, G^). All 
imaging artifacts can now be derived from Equation (6.2).
In the following discussion the two-dimensional case will be considered. Ne­
glecting relaxation effects, i.e. oo, and off-resonance effects, i.e. Auj = 0
and A B q = 0, and using the relationship k = j  f  G{t')dt', (j) = (f)G can be w ritten 
as
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(j) = j r  • J  G(t')dt '  =  k • r. (6.4)
In the 2-D case this gives (j) = kxX 4- kyU and the signal can be w ritten in the 
common form
S{t) S{kx,ky) = J J  p(x,y)e''^^^^'^'^yy'^dxdy. (6.5)
Including off-resonance effects the MR signal is
S { k x , k y ) =  J  J  p ( x , y ) e ’^ ^ '^^^'^'^^y'>e'^ '^°^dxdy. (6.6)
From Equation (6.3) the off-resonance term  is (/>ofF =  (Aw 4- ^ABo)t ,  where
t =  R^O +  Ny  ^ ES- ^RO and E^S are the acquisition time per echo and the echo
spacing respectively, Ny denotes the number of phase-encoding lines. In k-space 
notation t can therefore be w ritten as
thus, the phase, 0off, becomes
The first term  in each bracket describes the image shift caused by a frequency 
offset. Aw, in the read (x) and phase-encoding (y) direction respectively, and the 
second term  describes geometric distortions and susceptibility artifacts caused by 
magnetic field inhomogeneities.
Defining the following abbreviations, dx and dy, for the image shifts in the 
read and phase-encoding direction,
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Aw A B q
* " t a g , A C fy '
S(kx^ky)  can be w ritten as
S{k^,ky) = j f  (6.10)
C hem ical-Sh ift A rtifacts
Chemical-shift-based artifacts arise from the inherent frequency difference be­
tween fat and water protons under the influence of an external magnetic field. 
This frequency difference causes misregistration of fat and water protons from the 
same voxel th a t are mapped to different pixels. The artifact is hardly noticeable 
in tissue with uniform fat-water content, but can cause severe problems a t the 
borders between tissues with significantly different fat-water content. The extent 
of displacement expressed in units of pixels, dcsp, depends upon the frequency dif­
ference between water and fat. Aw, and the bandw idth per pixel, dcsp =  A i ü j B W
(see Equations (6.3) and (6.9)).
The bandwidth per pixel in the readout direction, BfEno, is given by the 
inverse echo acquisition time,
B W ^ o  — l/tpo- (6.11)
The to ta l acquisition time, tpE, is approximately given by the number of lines, 
Ny, or echoes acquired times the echo spacing, ^es- Thus, the bandwidth per 
pixel in the phase-encoding direction, RPTpe, governed by the inverse of the to tal 
acquisition time, is
B W y>e  — 1 /^ P E - ( 6 . 1 2 )
For the sequences th a t will be introduced in Section 6.5 tpo =  1.28 ms and 
tps =  1.68 ms. Assuming a single-shot sequence, for Ny =  128 lines the to tal
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Figure 6.8: In vivo images of the liver acquired with single-shot EPI. (a) IR SE-EPI 
using an inversion pulse for selective “visualisation” of water. The fat signal is null at 
the time of imaging (acquisition parameters: Tg, 52 ms, Tr,  0.6 ms, FOV, 335 x 335 
mm^, bcise matrix, 128 x 128 (reconstructed to 256 x 256), Ta, 0.3 s). (b) SE-EPI 
using a binomial excitation sequence to suppress the fat signal, here fat suppression is 
incomplete and the shifted fat image appears in the region of interest (Tg, 47 ms, T r , 
0.6 ms, FOV, 335 x 335 mm^, base matrix, 128 x 128 (reconstructed to 256 x 256), 
Ta, 0.2 s).
acquisition time therefore is tpE =  215.04 ms and the corresponding bandwidths 
per pixel therefore are B W r o  = 781 Hz/pixel and B W r e  = 5 Hz/pixel.
In MR imaging of biological tissue the signal of protons from fat and water is 
normally visible. The fat protons have a resonance frequency about 3.3 ppm higher 
than  the water protons. For a magnetic field of 1.5 T this relates to a difference in 
resonance frequencies for fat and water. A u ,  of 211 Hz. In conventional imaging 
the fat-water shift is typically below 1 or 2 pixels, but not in EPI in the low- 
bandwidth, i.e. phase-encoding direction. For the example given above the fat- 
water displacements due to chemical shift in units of pixels, dcsp, in read and 
phase-encoding direction, respectively, are
dcspBO = 211 (Hz) /  781 (Hz/pixel) =  0.27 pixel 
dcspPE = 211 (Hz) /  5 (Hz/pixel) =  42.2 pixel.
Thus the shift in the read direction is far below 1 pixel and can be neglected 
by comparison with the shift in the phase direction which is more than 42 pixels, 
th a t is one th ird of the FOV for 128 lines. From this example alone it should be 
obvious how im portant dedicated fat-suppression is in EPI techniques. Figure 6.8
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shows an example of an abdominal image with insufficient fat suppression. The 
problem is th a t the shifted fat image appears in the region of interest, which in 
this case is the liver. The fat rim continues here right through the liver. Since the 
chemical shift is so large in EPI, it is also called chemical shift artifact, although 
it is in fact a shifted image and not an artifact.
G eom etric  D isto rtio n s and S u scep tib ility  A rtifacts
Another off-resonance effect is caused by main-held inhomogeneities arising 
from a spatially varying main held over the image volume. This occurs for two 
reasons, the first is a fiux density inhomogeneity coming from the m agnet itself, 
which is caused by the finite length of the magnet implying finite field homogene­
ity. The second reason is inhomogeneity induced by the sample. Local inhomo­
geneities exist a t the intersection of two substances with different susceptibility, %. 
The field offset is then given by ABq = (%i —X2 )Bo. In this case the off-resonance 
effect is not spatially constant and instead of a shifted image, as it is the case in 
chemical-shift displacements, geometric distortions arise. The am ount of the local 
distortion, c/qd is proportional to the field offset, ABq,  and inverse proportional
to the gradient strength, G. The gradient strength, however, is associated with
the acquisition time, here ^ro and tpE,
dQi)RO =   ^ oc A ^o^ro, (6.13)
dQpPE = ^   ^ oc ABotpEj
and, thus, the problem is in EPI again more severe in the low-bandwidth direction 
(^PE ^  iRO => dcpiPE dQp)RO).
Main-ficld variations from the magnet vary slowly across the image volume, 
inhomogeneities from tissues with different susceptibilities, however, manifest as 
step-like functions in the field leading to strong geometric distortions. These 
are referred to as susceptibility artifacts and cause serious problems in in vivo
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Figure 6.9: Typical signal drop out in the brain around the area of the frontal sinuses 
(image acquisition with steady-state GE-EPI: Te , 102 ms, Tr , 104 ms, FOV, 220 x 220 
mm^, matrix size, 128 x 128, T^, 1.56 s).
imaging and occur prim arily a t tissue-air and tissue-bone interfaces. Linked with 
distortion, which is a stretching and /o r compressing of an image voxel, is non­
uniformity in brightness in the resulting image (Fig. 6.9). The brightness of a 
pixel is proportional to the volume, hence, in regions where the image is stretched 
the volume is smaller and the signal is lower, on the other hand is an image pixel 
compressed the signal appears too high.
Signal Loss A nd  Loss o f  R eso lu tio n  D u e to  T f
As described previously (Eq.(6.2)) the MR signal depends on 7^ and local 
main-held inhomogeneity, thus, Tf .  S{t) oc , where, assuming
the inhomogeneity is a Lorentzian with half-bandwidth A B q , 7^ =  ^ A B q / 2  [196]. 
T2 decay causes the ideal raw data  described by Equation (6.10) in the time 
domain to be multiplied by an exponential envelope resulting in space domain 
in pixel broadening, i.e. image blurring, and decreased pixel intensity due to 
the convolution with a Lorentzian with a full width a t half maximum (FHWM) 
proportional to 1 /7^ and an amplitude proportional to 71^  [196].
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6.4 M ulti-Shot EPI
As can be appreciated from the discussion above, single-shot EPI is severely 
limited by susceptibility artifacts and geometrical distortions, especially in the 
abdomen where EPI probably would have its greatest application because of its 
speed. The length of the EP readout is constrained because of rapid signal decay in 
the presence of short 71^  whilst for a fixed EP readout length the spatial resolution 
is limited by the maximum gradient strength and gradient slew rates. In turn, 
these are limited, ultimately, by what the human body “can take” .
Many problems related to single-shot EPI can be overcome by accumulating 
the data  over multiple excitations using multi-shot EPI. In this approach also 
the demands on gradient performance are significantly reduced, furthermore the 
effects of T f  and problems associated with field inhomogeneities can be decreased. 
Two multi-shot EPI approaches have been reported in the literature. They encode 
k-space in two very distinctive ways: the mosaic technique and the interleaved 
blipped EPI technique.
M osaic E P I
Figure 6.10: Examples of mosaic scanning of k-space. (a) Four blocks are stacked along 
the phase-encoding direction, (b) Four tiles are stacked, two along the readout and two 
along the phase-encoding direction.
In the mosaic technique the raw data  is composed by tiling several blocks of k- 
space together. This can be done whether in the read or phase-encoding direction 
or in both directions. Figure 6.10 shows two examples. Phase and am plitude
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discontinuities between overlapping regions must be avoided, particularly when 
the boundary between blocks is close to the centre of k-space and tiling must be 
performed is such a way th a t a smooth variation in amplitude and phase evolution 
exists throughout the entire raw data. Otherwise image blurring and ghosting will 
occur. Usually to control potential mismatch between segments additional data  
lines are added to provide overlap regions. A phase correction is then applied to 
each block to  reduce phase discontinuities at the block boundaries.
However, there are still problems with this technique. Geometrical distortions 
and susceptibility artifacts are not accounted for as they are caused by the effec­
tive speed a t which k-space is traversed along the phase-encoding direction and 
this is the same in mosaic EPI and in single-shot EPI. In this respect also good 
fat suppression is still necessary because the chemical shift artifacts are for the 
same reason identical as well. To reduce these artifacts the speed at which k- 
space is traversed must be increased. This can be done by interleaved multi-shot 
acquisition of the raw data.
Interleaved  E P I
A first a ttem pt of a m ulti-shot interleaved EPI was made by Mansfield and 
co-workers using FLEET ( /a s t  /ow-angle excitation echo-planar technique) [197]. 
FLEET is a segmented G E-EPI technique th a t involves the acquisition of a double­
zigzag trajectory  collecting only the right quadrant of k-space using two RF exci­
tations in rapid succession. To ensure th a t the signal am plitudes of the first and 
second excitation are equal the RF pulses are set such th a t the first is a 45° and 
the second a 90° pulse assuming negligible longitudinal magnetisation recovery 
between the two shots.
A different approach originally proposed by Rzedzian as MESH (mosaic echo 
scan hybrid) [198] is to weave n  shots or segments together by collecting in one 
shot only every line of k-space, th a t is in the first shot lines 1, n+1, 2n-|-l ... 
Ny-n, in the second shot lines 2, n-\-2 . . .  N y-n+ l  are acquired and so on. This is
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Figure 6.11: k-space trajectory for a multi-shot interleaved EPI sequence. The number 
of k-space segments in the case shown is four.
done by stepping the phase-encoding gradient by nAky  during d a ta  acquisition in 
a given segment and application of additional blips of JAky  (j  = 0..n — 1) before 
EP readout commences in the successive segment to ensure th a t acquisition of 
the segment starts a t line n. Figure 6.11 illustrates the scanning of k-space in 
interleaved EPI for the case of four segments.
The use of an interleaved trajectory effectively reduces chemical shift artifacts 
and the sensitivity to signal loss and geometric distortions from field inhomo­
geneities. The effect of an interleaved trajectory with respect to  fat chemical shift 
is to increase the rate a t which k-space is traversed in the phase-encoding direction 
by a factor of n. Thus, the magnitude of the chemical shift can be reduced by the 
same factor. Similarly geometric distortions and susceptibility artifacts are also 
reduced by n.
However, as will also be shown in the experimental sections of this chapter, 
certain factors have to be considered to avoid artifacts when using the interleaved 
multi-shot approach. The signal for each RF excitation must remain constant for 
all interleaves so th a t ghosting artifacts do not occur along the phase-encoding 
direction. This becomes im portant when, in a single slice 2D multi-shot EPI 
scan, the interleaves are acquired in rapid succession using a short Tr . In gen­
eral, a low flip angle excitation would m aintain the same signal, however, having 
the drawback of low SNR. The most robust scenario would be to wait until the
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m agnetisation has fully recovered between individual segments to avoid signal 
variations and associated ghosting artifacts. This, however, would imply an in­
creased scan time and long delays between acquisition of the interleaves would 
make the sequence prone to artifacts caused by motion.
6.5 Sequence Development: Segm ented DW -EPI
6.5.1 Introduction
In this section the development of an interleaved EPI sequence suitable for 
quantitative DWI of the pelvis, with the prospect of studying rectal adenocarci­
noma and prostate carcinoma, will be discussed.
Diffusion-weighted imaging using EPI is not different from using any conven­
tional imaging method. EPI can be sensitised to flow and diffusion in precisely 
the same way as conventional SE or GE imaging sequences. In principle for a 
SE-EPI sequence a diffusion-gradient pair of same polarity is placed on either 
side of the 180° refocusing pulse. Or, in the case of a GE-EPI sequence a bipolar 
pair of gradients is placed before EP readout commences. In multi-shot EPI the 
diffusion-gradients are added to each segment.
R eq u irem en ts o f  th e  Sequence
In the first abdom inal diffusion-weighted EPI studies solely single-shot se­
quences (STEAM -EPI [18, 19] and SE-EPI [127, 129, 128]) were used. These 
had the advantage of high tem poral resolution, thus virtually freezing all motion 
artifacts, but they all suffered from low spatial resolution. Images were usually 
acquired with FOV’s ranging from 300 x 300 to 400 x 400 mm^ and with a m atrix 
size of 128 x 128. Echo times of these single-shot sequences ranged from 18 ms 
for the STEAM sequence to  123 ms for the SE sequence.
For the development of the diffusion-weighted sequences proposed here existing
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Figure 6.12: Timing diagram of the 4-segmented GE-EPI sequence. Note that the 
only difference between the 4 segments are the phase-encoding blips applied before EP 
readout in segments 2, 3 and 4 to start acquisition of the echo train at lines 2, 3 and 4 
respectively.
standard Siemens EPI sequences have been considered as a tem plates. However, 
only single-shot EPI sequences, GE or SE-based, were available. From the discus­
sion above these sequences should already be ruled out, furtherm ore all sequences 
had rather low spatial resolution. In all cases the minimum FOV was larger than 
320 X 320 and images were all acquired with a base m atrix  size of 128 x 128 and 
reconstructed to 256 x 256.
For imaging of the pelvis a higher spatial resolution, a 128 x 128 m atrix  with a 
maximum FOV of about 250 x 250, was desired. For diffusion-weighted imaging 
the maximum b-value should at least be in the order of the maximum b-value of 
the original Burst-diffusion sequence achieved in vivo, thus in the order of 400 s 
mm~^ or higher.
To minimise susceptibility artifacts, which were expected to be more severe 
in the pelvis, because of air/soft tissue interfaces (rectum) and bone/soft tissue
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interfaces (bony pelvis, femoral head), and to shorten the echo time the choice 
fell on an interleaved GE-EPI sequence originally developed by Cristina Lavini for 
imaging with hyperpolarised xenon [199] and fMRI studies [199, 200]. The timing 
diagram of the sequence is shown in Figure 6.12. Four segments were acquired 
to form one image. The readout time per echo, ^ro, and the echo spacing, e^s, 
were 1.28 ms and 1.68 ms respectively. The effective echo time (in ms) for this 
particular sequence was given by
Te  = 10.46ms +  tEsNy/S,
thus, for a 128 x 128 m atrix Te =  38 ms. The repetition time, which in the case 
of a segmented EPI sequence was defined as the time between the acquisition of 
one segment and the excitation of the following one, was 104 ms plus a time delay, 
Td - This delay had to be chosen in such a way, th a t no discontinuity between the 
echo am plitudes of the individual segments occurred. To — Tr was chosen to be 
about three times the T\ of the sample, which ensured full recovery (^95% ) of 
the longitudinal m agnetisation before excitation of the successive segment. The 
image acquisition time, T^, depended on the number of lines acquired and the 
repetition time.
Tj\ — 4 (24.75ms 4- tE s^y / 4 +  Te )-
Although this sequence was developed and optimised for the use with a head 
coil [200], our first abdom inal images acquired with a phase-array body coil gave 
promising results. Figure 6.13 shows an abdominal and pelvic scan. Both images 
were acquired with a m atrix  size of 128 x 128, a FOV of 240 x 240 mm^ and a T r 
of 3104 ms. The scan time per image was 12 sec.
6.5. SEQUENCE DEVELOPMENT: SEGMENTED DW-EPI  165
(a) (b)
Figure 6.13: Abdominal images acquired with a 4-segmented interleaved GE-EPI se­
quence [199]. In vivo images of the liver (upper abdomen) (a) and the prostate (pelvis) 
(b) acquired on healthy volunteers. Imaging parameters included: Te , 38 ms, Tr , 3104 
ms, FOV, 240 x 240, matrix size, 128 x 128. The slice thickness was 3 mm (a) and 8 
mm (b). Images were acquired during breath-hold.
6.5.2 Diffusion-W eighted Spin-Echo EPI
C on sid eration s
Certain facts may speak for the use of a SE based sequence. Mainly these 
are th a t in a SE sequence dephasing due to B q inhomogeneity is refocused during 
readout period and the echo train  decays with 7^ rather than  T^. This means, 
signal loss and loss of resolution can be expected to be less severe in SE-EPI than  
in G E-EPI and images acquired with SE-EPI should be less distorted than  their 
GE counterparts.
Against using a SE sequence speaks th a t some extra tim e for the 180° refocus­
ing pulse is needed, not necessarily a problem, but under certain circumstances it 
may increase the effective echo time by an substantial amount which may lead to 
increased signal loss in regions of short T2 .
T he Sequen ce
Now to obtain a diffusion-weighted SE-EPI sequence a 180° slice-selective RF 
pulse and a diffusion gradient pair were added to each of the four segments of the 
GE-EPI sequence. The Te  of the modified sequence, which is shown in Figure 6.14,
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Figure 6.14: Timing diagram of the first segment of the diffusion-weighted 4-segmented 
SE-EPI sequence. In the consecutive segments gradient blips in phase-encoding direc­
tion are applied to start acquisition in the appropriate line of k-space as has been shown 
for the GE-EPI case (Fig. 6.12).
was 93 ms. Diffusion gradients (<5 =  11 ms, A =  43.56 ms) were applied in all 
three directions to give higher diffusion-weighting. Four sequences with diffusion 
gradients of 0, 10, 15 and 20 mT m “  ^ gradient strength giving 5-values of 0, for 
the unweighted image, 104, 233 and 415 s m m “  ^ were created.
E xp erim en ta l E valu ation  o f th e  Sequence
The proposed sequence was tested using a basic diffusion phantom, which 
was a cylinder filled with physiological sucrose solution with known param eters 
Tq and D  (T2 =  128 ms, D  = \ A  x 10“  ^ mm^ s“  ^ determined with a FSE 
and PGSE sequence respectively). For the experiments a head coil was used 
and a transverse slice through the centre of the phantom was chosen. Imaging 
param eters included: repetition time, 3104 ms (To =  3000 ms), flip angle, 90°, 
slice thickness, 8 mm, m atrix size, 128 x 128 and FOV, 220 x 220 mm^. The data  
were analysed by fitting a straight line to the averaged pixel intensities of the four 
images acquired with increased diffusion-weighting plotted vs. their associated 
b-values. Additionally, linear regression analysis performed on a pixel-by-pixel 
basis gave a D  map. The results are shown in Figure 6.15. Both methods yielded 
a value of D =  (1.1 ±  0.1) x 10“  ^ mm^ in agreement with the known value.
In a second experiment in vivo cranial images of a healthy volunteer were
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Figure 6.15: (a) Four diffusion-weighted images acquired with a 4-segmented SE-EPI 
sequence (b-values: 0, 104, 233 and 415 s mm“  ^ (from top left to bottom right)), 
(b) Plot of the signal decay measured for a region-of-interest vs. b-values and single­
exponential fit. Insert: calculated D map. Both, fit and map yielded the same value of 
D =  (1.1 ± 0 .1)x  10-3 mm^ s ^
Figure 6.16: In vivo brain images obtained with a diffusion-weighted multi-shot SE- 
EPI sequence (b-values: 0, 104, 233 and 415 s mm“  ^ (from left to right)). Imaging 
parameters were: Te , 93 ms, Tr , 3104 ms, FOV, 220 x 220, matrix size, 128 x 128, 
slice thickness, 8 mm. The diffusion-weighted images are severely corrupted by motion.
acquired. Imaging parameters were the same as in the phantom  experiment. 
The four increasingly diffusion-weighted images are shown in Figure 6.16. The 
images are severely corrupted by imaging artifacts in the phase-encoding direction. 
These are caused by the long delay. To,  between the segments and the strong 
diffusion-gradients. The delay is on one hand necessary to minimise ghosting 
due to am plitude discontinuities but on the other hand leads to motion induced 
phase-shifts especially in images acquired with high diffusion-weighting, where the 
strong gradients lead to large phase errors (as described in C hapter 5, Section 5.6).
In abdom inal experiments the problems were of similar nature. Involuntary 
patient motions, such as bowel movement, respiratory motion and blood flow in
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the femoral artery, lead to severe motion artifacts in the phase-encoding direction. 
Furthermore, because of higher B q inhomogeneity in the abdomen, thus faster T^- 
decay of the signal, hardly any signal was present in the acquired images.
C onclusion
Clearly the long Tr necessary between the four segments to minimise Ti effects 
made the sequence more susceptible to motion artifacts. The problem could partly 
be overcome by reducing the number of segments acquired, although this on the 
other hand meant th a t imaging artifacts could be expected to be worse. At the end 
of the day, though, a compromise between imaging and motion-induced artifacts 
had to be made.
Another problem was the low signal of abdominal images caused by the longer 
Te , in comparison to the of the original C E-EPI sequence. To reduce signal 
decay, i.e. to shorten the effective Te which if the number of segments was reduced 
became even longer, a DW C E-EPI sequence has been developed.
6.5.3 Diffusion-W eighted Gradient-Echo EPI
A sequence with two interleaved segments should theoretically still reduce 
geometric distortions and susceptibility artifacts by a factor of two compared to a 
single-shot EPI sequence. However, the effective echo time will be increased with 
respect to  the 4-segmented sequence, as the central line of k-space now coincides 
with echo number Ny/A.
Allowing tim e for the bipolar diffusion-gradient pair, the effective echo time 
of the 2-segmented C E-EPI sequence proposed here was
T e — 47.46ms -t- tEsA^/4.
The to tal acquisition time. Ta , however, was reduced by about a factor of 2,
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Ta — 2 (61.74ms +  ^ES-N^/2 +  To)-
For DWI diffusion gradients (gradient strengths, 0, 10, 15, 20 and 23 mT m “ )^ 
of length (5 =  17 ms and separation A =  19 ms applied in all three directions were 
added. These five sequences yielded b-values in the range from 0 to 438 s mm~^.
To minimise the problem of motion the two segments still needed to be ac­
quired rapidly. Therefore, the question to be asked was if imaging artifacts caused 
by a discontinuity in echo amplitudes could be corrected off-line. To find an an­
swer to this question image raw data  and corresponding non-phase-encoded data  
suffering from discontinuity artifacts were simulated using varying imaging pa­
ram eters {Tr , Te and a) and phantom param eters (Ti, 7^ and p).
6.6 Experiments Confirm The Com puter M odel
6.6.1 Simulation of A Perfect Experim ent
Sim ulation  o f  T w o P h an tom s
For the computer simulation p, and 7^ maps of two different phantoms 
were simulated. These maps were, already with the experimental set-up in mind, 
defined as 128 x 128 matrices, although they could be rebinned to any size desired. 
Param eters chosen for Ti, T2 and p were similar to relaxation param eters and 
proton densities measured in available phantoms.
The simulated phantom  1 was a square with single Ti =  283 ms and single 
T2 =  256 ms. Phantom  2 consisted of 12 small squares with different T i’s (in the 
range from 200 to 900 ms) and 72's (in the range from 70 to 300 ms) surrounded 
by a square with relaxation parameters of phantom  1. Figure 6.17(a) - (c) shows 
the simulated maps of phantom  2.
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Figure 6.17: Simulated phantom 2: (a) Proton density (p) map, (b) T\ map and (c) T2 
map. The greyscale bar for the T\ and T2 map is in units of ms.
T h e M od elled  Sequence
The discrete signal of the two segments each of size NxX.Ny/2  giving a discrete 
raw data m atrix  of size N^  x Ny can be described by S'segi {i, 2j)  and Sseg2 {i, + 1) 
{i =  O..Nx — 1, j  = O..Ny/2 — 1) where
^x—l ^y—1
S s e g l ( * , 2 j )  = T  P(^m,yn) s i n  O I
m —0 n —0
^a eg l ih  4- 1) — 0 ,
(6.14)
.^ seg2(*) 2_)) — 0, (6.15)
5seg2(î,2j +  1) =  T ,  Pi^m.Vn) sinaEi^^^,  (1 -  e
m=0 n=0
where the following abbreviations have been used:
17 —  p * (® T n fc i,i+ y n ^ j/,2 j)
- ^ I s e g l  ~  ^  5
—  p-U,2j /T2{Xm,yn)-^ s^egl  ^ )
I ?  _  p t { X m k x , i + y n k y , 2 j  + l )
- ^ I s e g a  ~  ^  5
P^  — p- t i , 2 j  + l/T2{Xm,yn)
-^■4seg2
The symbol i has been used here to denote the complex number in order not 
to  confuse it with the sum m ation index i. p{xm,yn), Ti(xm,yn)  and T2 (xm,yn)
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describe the discrete proton density, Ti and T2 maps introduced in the previous 
section.
The k-space variables ky^2j and ky^2j+i, and spatial co-ordinates, Xm
and Xn, were defined so th a t k-space was “scanned” in the interval [—NxAkx /2 ,  
NxAkx/2]  and [—NyAky/2 ,  NyAky/2]  at Nx and Ny points respectively, in steps 
of Akx = 2ttI F 0 V x and Aky = 27T/FOVy. The FOV was defined as the interval 
[—FOVx/2,  FOVx/2] and [—FOVy/2,  FOVy/2],  where the spatial resolution of the 
image. A x  and Ay,  in read and phase-encoding direction respectively was given 
by A x  — Xfn-\-\ — EOVx/Nx  and A y  — FOVy/ Ny.
The times, t%,2 j and at which the individual da ta  points of the two
segments were acquired, were defined by the tim ing param eters of the GE-EPI 
sequence, thus, t%,2j =  Tq +  A ro  +  j  ^es and, likewise, =  To 4- A ro  +  j  ^es-
Tq defined the time between excitation and acquisition of the first d a ta  point.
The raw data  matrices of the two segments were obtained by sum m ation over 
all Ps and j ’s. Adding the two segments together gave the complete raw data  
m atrix,
S  = Ssegl 4- Sseg2- (6.16)
Fourier transform  of S  yielded the simulated image, p.
Correction of the Simulated Data
The com puter simulation gave two discrete da ta  sets, the phase-encoded or im­
age and non-phase-encoded raw data  matrices, Rp and Rnp- After “acquisition” 
the two da ta  sets were post-processed to correct for the occurrence of a disconti­
nuity in echo magnitude. Before discussing the proposed off-line correction of the 
data, however, the relevant background should be briefly outlined.
After placing the sample in a static magnetic field, Bq =  (0,0, B^), the equi­
librium magnetisation, Mq, is parallel to B q. The first a  pulse, applied for the
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acquisition of the first segment, rotates M q partially into the transverse plane, 
and the transverse and longitudinal components of the magnetisation created at 
t — 0 are
MxyA(t = 0) = Mo sin a, (6.17)
Mz,i{t =  0) =  Mo cos a . (6.18)
M z^i t  = 0) recovers during acquisition of the first segment. At t = Tr , the 
longitudinal m agnetisation has recovered to
=  Mo[l +  (cosa  -  (6.19)
This m agnetisation is excited by the second RF a  pulse, applied for acqui­
sition of the second segment, thus, a t t =  T r the transverse and longitudinal 
m agnetisation are
Mxy,2 {TR) = M z,i { T r ) sin a , (6.20)
M z,2 = M za ( T r ) c o s  a. (6.21)
The ratio  between the transverse magnetisation created at t — 0 in segment 
1, M x y , i { t  =  0) and m agnetisation created at t =  Tr in segment 2, M x y p { t  =  T r ),
is a measure of the occurring discontinuity between the two segments,
=  1 +  (cos a  -  , (6.22)
M^y,i Mo
and is independent of the magnetisation created, depending only on the imaging 
param eters a  and Tr and on the sample T%. The ratio can clearly be used to 
correct the echo tra in  of the second segment, if all the sample T i’s are the same. 
The purpose of the simulation was to assess how significant the effect of having 
different T i’s in the sample is.
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In the simulations and in post-processing the real d a ta  this correction was 
achieved by performing the following steps: in a first step the raw da ta  matrices, 
Rp and Rnp, each of size N^  x Ny were split into two matrices each, namely Rp,segi, 
Pp,seg2 and Rnp,segi, Rnp,seg2 , Corresponding to the two segments. These were still 
Nx X Ny matrices, however, segment 1 included only the information of all even 
lines, Ny,e, whereas segment 2 held all the information of the odd lines, Ny,o. The 
two non-phase-encoded matrices Rnp,segi and Rnp,seg2 , were used to determine the 
echo with maximum signal am plitude in the first and second segment respectively, 
and to calculate the ratio of their magnitudes, | 5 'm a x , i | / | ^ m a x , 2 | -  This information 
was then used to correct Rp,seg2 , tha t is all echoes in the second segment of the 
image raw data  were multiplied with this magnitude ratio giving
T p ,se g 2 c o rr  ~  1 ^S'max,! | / 1 «^m ax,21 -
FT of the corrected phase-encoded raw data, Rp,corr = Rp,segi +  ^,seg2corr, was 
performed to give the improved image.
All simulations and off-line corrections were performed using IDL on a UNIX 
platform.
6.6.2 Simulated Data: Results
The free param eters of the simulation were the m atrix  size {Nx = Ny) the 
FOV (square FOV, thus FOVx =  FOVy),  flip angle, a  and T r . Several T r ’s 
were chosen to obtain images with varied discontinuity between the segments and 
therefore ghosting artifacts in the phase-encoding direction.
For the data presented in this work, simulated images had a m atrix  size of 128 
X 128 and the FOV was chosen to be 180 x 180 mm^.
P h a n to m  1
First, an image of a phantom  with single relaxation param eters was simulated. 
Imaging param eters were 102 ms and 104 ms for T r  and T r  respectively, a  was 90°.
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Figure 6.18: Simulated phantom 1 (Ti = 283 ms, Tg =  256 ms) obtained with a T r  of 
104 ms. (a) Image and non-phase-encoded echo train before correction, (b) Image and 
echo train after correction. The ghosting could be removed complete.
Figure 6.18(a) shows the obtained non-phase-encoded echo train  and the image of 
phantom 1 before correction. The ghost due to the echo magnitude discontinuity 
is clearly visible. The non-phase-encoded data  was required to determine the ratio 
between the maximum echo am plitudes in the two segments \Smax,segi\/\Smax,seg2 \, 
and the image raw da ta  was corrected as described previously. Figure 6.18(b) 
illustrates the corrected echo train  and the simulated image after correction. All 
the ghosting in the phase-encoding direction could be removed.
P h an tom  2
For a second simulation phantom  2 having different T i’s and T^’s was used. 
Three different scenarios were simulated, firstly, a rapid image acquisition with 
minimum repetition time, TR,m\n = 104 ms, secondly, a interm ediate acquisition 
with T r  =  404 ms and thirdly, a long acquisition time with T r  =  1104 ms. The 
simulated images before and after correction are shown in Figure 6.19(a) - (c). In 
addition, these images are displayed as negatives to further illustrate the ghosting 
artifacts th a t occur outside the phantom in phase-encoding direction (Fig. 6.20(a)
- (c)).
The echo trains were again corrected as described previously. As can be seen 
in Figures 6.19 and 6.20, despite the removal of the large ghost artifact from the 
large square (Ti =  283 ms), significant artifacts remain from the objects with T i’s 
larger than  800 ms in all cases, although with an inter-segment delay of 1104 ms, 
even the image before correction has little artifact.
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Figure 6.19: Images of phantom 2 simulated with different Tr’s before (left) and after 
(right) correction: (a) T r  = 104 ms, (b) T r  = 404 ms and (c) T r  = 1104 ms. Images 
are displayed with the same scaling factors.
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Figure 6.20: Negatives images corresponding to simulated data illustrated in Fig­
ure 6.19(a) - (c) before (left) and after (right) correction: (a) T r =  104 ms, (b) = 
Tr = 604 ms and (c) Tr =  1104 ms.
6.6. EXPERIMENTS CONFIRM THE COMPUTER MODEL 177
6.6.3 Experim ental Data: Confirming the M odel
After modelling the data  phase-encoded and non-phase-encoded raw da ta  were 
obtained experimentally. Two phantoms were used, the first having single Ti of 
302 ms and the second having multiple T i’s in the range from 203 to 962 m. 
The T i’s of these phantoms were determined experimentally with an IR-HASTE 
sequence, described in Chapter 5, Section 5.3.
E xp erim en t U sin g  a P h an tom  w ith  S ingle Ti
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Figure 6.21: (a) 2-segmented GE-EPI image (Tr , 65 ms, Tr , 104 ms, FOV, 220 x 220, 
matrix size, 128 x 128) and corresponding non-phase-encoded echo train, (b) Image 
and echo train acquired with the same Tr using a 2-segmented SE-EPI sequence (Tr , 
147 ms, other imaging parameters were the same), (c) GE-EPI image and non-phase- 
encoded data for Tr, 604 ms. (d) Corresponding SE-EPI image and echo train.
Images and corresponding non-phase-encoded raw da ta  were acquired with 2- 
segmented GE-EPI and SE-EPI sequences without diffusion-weighting. Imaging 
param eters were as follows: Te,ge/Te,se,  65/147 ms, a,  90°, FOV, 220 x 220, 
m atrix size, 128 x 128. Figure 6.21 shows the results for two different repetition 
times, namely 104 ms and 604 ms. The corrected data  are shown in Figure 6.22. 
As in the simulation, off-line correction gave good, almost artifact free images, 
even with a Tr as short as 104 ms.
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Figure 6.22: Corrected data corresponding to Figure 6.21. (a) Corrected GE-and (b) 
SE-EPI image, T r  = 104 ms; (c) Corrected GE- and (d) SE-EPI image, T r  = 604 ms.
P h an tom  w ith  M u ltip le  T i’s
The experiment was repeated using a phantom with multiple T i’s. Figure 6.23 
shows GE- and SE-EPI images acquired w ithout diffusion-weighting for two dif­
ferent T r ’s before and after correction. In this case the ghosting could not be 
fully removed, a result th a t has already been shown in the computer simulation.
Thus, correction of the echo train  magnitude could not remove all the ghosting 
if more than  one Ti was present but certainly improved image quality significantly.
Using the same experimental set-up diffusion-weighted images were acquired 
with a T r  of 104 ms. These were acquired with a diffusion-weighted 2-segmented 
SE-EPI sequence. Diffusion gradients of 10, 15 and 20 mT m “  ^ were applied in all 
three directions ((5 =  11 ms, A =  70.56 ms), thus, obtained b-values were 174, 391 
and 695 s m m “ .^ The four diflfusion-weighted images before and after correction 
are shown in Figure 6.24.
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Figure 6.23: Experimental phantom data acquired with a (a) GE-EPI sequence and (b) 
SE-EPI sequence with Tr  = 104 ms. (c) GE-EPI image and (d) SE-EPI image acquired 
with T r  = 604 ms. For each pair, the original image is on the left and the corrected 
image on the right.
6.6.4 Conclusions
Summarising the insight gained from the presented com puter simulations, 
corresponding phantom  experiments and first in vivo d a ta  acquired with a 4- 
segmented diffusion-weighted SE-EPI sequence, it has been shown th a t the in­
dividual segments have to be acquired rapidly to avoid m otion artifacts. This, 
however, resulted in imaging artifacts brought about by a discontinuity between 
the acquired segments, which had its origin in the incomplete recovery of longitu­
dinal magnetisation before next excitation. This discontinuity could be corrected 
for off-line, but only lead to a full removal of ghosting if only one Ti was present. 
Theoretically the discontinuity between segments could be overcome by using a 
different flip angle for each of the two segments, say 45° for the first and 90° for 
the second segment. However, on the Siemens scanner such a sequence can not be 
implemented. Furthermore, it has been shown th a t in the case of high diffusion- 
weighting and rapid repetition hardly enough signal was available in the second 
segment.
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(a) (b)
(c) (d)
Figure 6.24: Experimental phantom images before and after correction acquired with a 
diffusion-weighted SE-EPI sequence, Tr = 147 ms, Tr, 104 ms, FOV, 220 x 220, matrix 
size, 128 X 128. (a) Without diffusion-weighting, SNR =  55. (b) b =  174 s mm~^, SNR 
=  34. (c) b =  391 s mm“ ,^ SNR =  19. (d) b =  695 s mm~^, SNR =  8.
a * 10®
5,0 X 10® 1.0x10’ 20 110* 6 0*10 1.0x10* 1.5x10* 2.0 X 10*
Figure 6.25: (a) Echo train and corresponding image of a phantom with multiple T i’s 
and T-g’s simulated with Tr =  104 ms and a = 90°. (b) The same scenario simulated 
with a = 46°, which is the Ernst angle for this Tr and a T% = 283 ms.
6.7 Steady-State Diffusion-W eighted GE-EPI
6.7.1 Introduction
As has been mentioned previously a lower flip angle than the one used here 
may help to  overcome the discontinuity between the different segments and thus 
reduce ghosting. Figure 6.25 illustrates the case for phantom  2 simulated with a 
Tr of 104 ms and for two flip angles, 90° and 46°, which is the so-called Ernst angle 
(Eq.(6.23)) for the specific Ti of 283 ms. In an experimental setting, however, it 
was found, th a t reducing the flip angle did not help to remove the artifacts, but, 
only reduced the SNR.
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Performing the experiment in the steady-state, however, would be even better, 
because in this situation, by definition, the longitudinal m agnetisation available 
for both segments would be the same, so avoiding discontinuity between the two 
segments. Therefore a steady-state diffusion-weighted G E-EPI was proposed.
W hen operating a sequence in the steady-state two points had to be considered. 
Eirst the flip angle, given by E rnst’s Equation [124]
aE = cos 1 (6 .23)
could in the case of multiple T /s  only be optimised for one specific Ti for a given 
T r . Second, the SNR would be lower. The question therefore was, whether in the 
steady-state enough m agnetisation to form an acceptable image will be available, 
or in other words if the SNR of steady-state images will be high enough to make 
the sequence feasible for abdominal imaging. The following com puter simulation 
should help to illustrate the case.
6.7.2 Simulation of the Steady-State
The simulation described in Section 6.6.1 was modified, th a t is the steady-state 
longitudinal magnetisation, M^^ssi, was calculated according to [138]
G   ^~Tn/Ti{Xm,yn)\
V n )  =  p { X m ,  Vn)
and replaced the term, in Equations (6.14) and (6.15).
The simulated phantom 2 was used and a T\ of 482 ms chosen to be the Ti 
of interest for the first simulation. aE was calculated using Equation (6.23) for 
a minimum Tr of 104 ms, tha t is aE = 36°. Three different noise levels to yield 
SNR’s comparable to SNR measured on images experimentally acquired with the 
diffusion-weighted SE sequence were added to the simulated steady-state image.
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Figure 6.26: (a)-(c) Simulated steady-state images with decreasing SNR acquired with 
Tr  = 104 ms and optimised for T \  = 482 ms, thus œ e  = 36°. The SNR of the three 
images is 61, 20 and 9. (d)-(f) Simulated images acquired with T r  = 604 ms, optimised 
again for Ti =  482 ms, hence œe = 73°. The measured SNR of these images is 136, 45 
and 15. Images are displayed with the same scaling.
The obtained results are shown in Figure 6.26(a) - (c). Figure 6.26(d) - (f) 
shows a simulate images acquired with a longer T r  of 604 ms, thus a larger flip 
angle, aE =  73°, could be used increasing the signal of the image. The same noise 
was added to obtain three images with varying SNR’s.
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6.7.3 The Steady-State Sequence
The easiest implementation of a steady-state sequence would have been to 
repeat the sequence rapidly and then perform the image acquisition once the 
steady-state is achieved. However, although it was possible to repeat a measure­
ment on the Siemens Vision MR scanner, the minimum delay tim e between the 
measurements was limited by the hardware and was too long. Instead, the original 
GE-EPI timing table, consisting of the two segments and including all gradient 
and RE pulses but w ithout the acquisition module, was repeated four times within 
a single pulse programme. After the fourth repetition the image was acquired. 
Diffusion gradients were added to the sequence to obtain diffusion-weighted im­
ages with 5 b-values in the range from 0 to 438 s m m “ ,^ th a t is five sequences 
with increasing diffusion gradient strength were written.
In Figure 6.27 a comparison of diffusion-weighted images acquired with the 
original GE-EPI sequence before correction and the steady-state sequence is shown. 
The steady-state sequence gave an almost artifact free image in the case of no 
diffusion-weighting, however, some ghosting is visible in the case of an applied 
diffusion-gradient.
Figure 6.28(a) shows four diffusion-weighted images acquired on a phantom. 
Imaging param eters were: Te , 102 ms, Tr , 104 ms, a, 70°, EOV, 220 x 220 mm^, 
m atrix size, 128 x 128, T^/im age, 1.56 sec. The shown images were acquired 
with diffusion gradients of 0, 10, 15 and 20 m T m ^ \  thus b-values of 0, 83, 186 
and 331 s mm~^. Figure 6.28(b) illustrates the single-exponential fit to  the data  
yielding a <D> = 2.08 ±  0.02 and shows the calculated D  map {<D> = 2.1 ±  
0 .2).
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Figure 6.27: Top: GE-EPI images of a T1 /T 2  phantom acquired in 0.55 sec {T r  =  
104 ms), (a) Without diffusion-weighting, (b) With diffusion-weighting (b =  186 s 
mm~^). Bottom: Steady-state GE-EPI images acquired in 1.56 sec [T r  = 104 ms), (c) 
Without diffusion-weighting, (d) With diffusion-weighting (b =  186 s mm“^). Note the 
significant reduction of ghosting artifact in (c) and (d) as well as a number of areas 
of unexpected signal dropout apparently caused by susceptibility problems with the 
phantom.
6.8 Conclusions
This C hapter has introduced the technique of EPI and pointed out the draw­
backs of the single-shot technique for abdominal imaging. This led to the devel­
opment of a m ulti-shot sequence.
Preliminary in vivo d a ta  showed th a t in order to overcome artifacts caused 
by motion the individual segments of a multi-shot EPI sequence, needed to be 
acquired rapidly. This, in turn , led to imaging artifacts th a t could be put down 
to a discontinuity between segments. To reduce this effect post-processing of the 
d a ta  was suggested. However, this didn’t remove all the artifacts. Simulations 
led to the conclusion th a t correction of the echo magnitudes gave a full removal
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Figure 6.28: (a) Four diffusion-weighted images acquired with the steady-state GE-EPI 
sequences with b-values of 0, 83, 186 and 331 s mm~^ (top left to bottom right), (b) 
Single-exponential fit to the normalised phantom ROI vs. b-values, <D> = 2.08 ±  
0.02. Insert: calculated D map, <D> = 2.1 ±  0.2.
of the ghost only in the case of samples with single T\.  This is not the case in 
most phantom  studies and in in vivo studies. Thus, a steady-state sequence has 
been proposed.
In the following Chapter in vivo d a ta  acquired with this sequence will be 
presented and compared with data  acquired with other available fast diffusion- 
weighted sequences. The feasibility of the sequence will be discussed.
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Chapter 7
Comparison of DW I Techniques
7.1 The Evaluated Sequences
7.1.1 Considerations
In the previous two chapters new quantitative diffusion imaging sequences 
based on the Burst principle (Ch. 5) and EPI (Ch. 6) have been introduced. 
The Burst methods were tested using the newly developed diffusion phantom, 
whilst to avoid susceptibility and chemical shift artifacts, the EPI sequences were 
tested with other, readily available phantoms. In this chapter, the sequences 
are evaluated in vivo on the brain and abdomen, their feasibility determined and 
compared with other techniques available. These were a diffusion-weighted single­
shot ESE sequence with half-Fourier acquisition [36, 37], which will be referred 
to in the following as the HASTE sequence, and the steady-state free precession 
(SSEP) sequence PSIE [34].
Tables 7.1 and 7.2 summarise the imaging and diffusion param eters of all the 
sequences considered.
Points th a t were taken into account for the comparison were (i) the SNR of 
the acquired images, (ii) the data acquisition time, which went hand in hand with
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Im aging param eters sb l6_100 sb 9_dgl5
T e  (ms) 15.50 - 73.10 12.12 - 106.04
T r  (ms) 2000 2000
T4(s): 256 256
Flip angle (deg): 15 21
No. of images per scan: 16 9
Im aging param eters G E -E P I SE -E P I
T e  (ms) 102 147
T r  (ms) 104 104
TA (s): 1.56 1.96
Flip angle (deg): 90 90
No. of images per scan: 1 1
Im aging param eters H A ST E P S IF
T e  (ms) 94 N /A
T r  (ms) 5000 50
TA (s): 25 7
Flip angle (deg): 180 20
No. of images per scan: 4 ( + l ) 1
Table 7.1: Imaging parameters of the six considered sequences.
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D iffusion  param eters sb l6_100 sb 9 _ d g l5
Ô (ms): 1.47 - 30.27 1.53 - 48.49
A (ms): 14.03 - 42.83 10.59 - 57.55
Diffusion gradient, Go  (mT m “ )^: 10.78* 15
b-values (s m m “^): 0.243 - 250 0.062 - 556**
No. of images per dataset***: 16 9
Meas. tim e per dataset (s)
Actual****/theoretical: 300/256 300/256
D iffusion  param eters G E -E P I S E -E P I
6 (ms): 17 11
A (ms): 19 72.56
Diffusion gradients, G d (mT m “ )^: 0, 10, 15, 20 0, 5, 10, 15
b-values (s m m “ ^): 0, 83, 186, 331 0, 45, 178, 401
No. of images per dataset: 4 4
Meas. time per dataset (s)
A ctual/theoretical: 90/6.24 110/7.84
D iffusion  param eters H A S T E P S IF
Ô (ms): 15 9
A (ms): 26.02 25
Diffusion gradients, G r, (mT m “ )^: 9.92, 14.03, 17.19 0, 8.08, 11.43, 14.00
19.85 16.17, 19.80, 22.87 
24.25
b-values (s mm~^): 100, 200, 300, 400 0, 50, 100, 150, 200 
300, 400, 450
No. of images per dataset: 4 (+1) 8
Meas. tim e per dataset (s)
A ctual/theoretical: 45/25 170/56
Table 7.2: Diffusion parameters of the considered sequences. *FOV, 220 x 220 mm^. 
**Equations (2.19) and (2.20) were used to determine the b-values. ***Number of images 
used to calculate the ADC. ****Includes sequence loading time and raw data handling 
time.
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(iii) patient comfort, (iv) requirements th a t had to be met to obtain a quantitative 
ADC map, these for example were the need for additional da ta  such as T2 data  
for image correction or the necessity of the raw data  instead of the m agnitude 
images alone, and (v) the accuracy of the calculated ADC’s.
Where possible an ADC map was calculated on a pixel-by-pixel basis using 
the standard m ethod of fitting a straight line to the data  vs. b-values on a semi­
log plot (see previous chapters). A “goodness-of-fit” or Q map was evaluated 
by computing the incomplete gamma function, ^ )  [201], where N  is the
number of diffusion-weighted images, and was used to illustrate the accuracy 
of the obtained ADC values. The “goodness-of-fit” was considered appropriate 
if Q > 0.001. In the Q maps presented here, rejected pixels {Q < 0.001) are 
represented in black, retained pixels with 0.001 < Q < 0.1 are grey and white 
pixels represent the case Q > 0.1. Figures illustrating the diffusion-weighting of 
the data, usually four increasingly diffusion-weighted images will be shown, were 
all plotted with “global scaling” , th a t is a given grey level represents the same 
image intensity in all images.
7.1.2 B rief Recapitulation of the Previous Chapters 
D W -B u rst
C hapter 3 introduced the “original” Burst-diffusion sequence, which has been 
successfully used in a first extra-cranial in vivo study (see Chapter 4). This 
sequence allowed 16 increasingly diffusion-weighted images to be obtained within 
one acquisition, but had the drawback of low SNR images and th a t the diffusion- 
weighting was inherently linked to the FOV. Therefore a different approach based 
on the Burst-excitation scheme was proposed in this work. These sequences, which 
employed a decoupled diffusion- and read gradient were discussed in C hapter 5.
Here, for in vivo imaging the DC-Burst sequence sb9_dgl5 was chosen for 
evaluation together with the “original” Burst-diffusion sequence, sbl6_bl00.
7.1. THE EVALUATED SEQUENCES 191
S egm ented  S tea d y -S ta te  E P I
In Chapter 6  the echo planar imaging technique was introduced. Single-shot 
EPI has the drawback of limited resolution and severe susceptibility artifacts in 
regions of local field inhomogeneity and signal loss due to 7^ brought about by the 
long Te . Therefore, for DWI of the lower abdomen the choice fell on a multi-shot 
approach, which acquired only a segment of k-space after each excitation enabling 
higher resolution and reduced imaging artifacts.
This method, however, suffered from severe motion artifacts in the phase- 
encoding direction and signal loss as discussed in Section 6.7. This led to the 
development of 2-segmented steady-state C E-EPI and SE-EPI sequences. Al­
though having a longer Te the la tter sequence was expected to be advantageous 
over the CE-EPI sequence with respect to susceptibility artifacts and signal drop 
out.
7.1.3 Other Possibilities
Two other sequence types were investigated. Since these were not introduced 
in earlier chapters, the theoretical background to these sequences will be outlined 
here.
H A S T E
Half-Eourier single-shot turbo spin echo (HASTE) imaging has been shown to 
produce (unlike EPI) geometrically correct, artifact-free images w ithout the need 
of expensive hardware upgrades [2 0 2 ]. The technique, however, proved problem­
atic when diffusion-weighting gradients were applied, because the fast-spin echo 
(FSE) acquisition required a particular phase-relation between m agnetisation and 
refocusing pulse, which after diffusion sensitisation was not given anymore. This, 
together with half-Eourier reconstruction, led to increased sensitivity to motion 
and fiow [134, 2 0 2 ]. Previous authors [36, 203] therefore proposed the use of a
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Figure 7.1: Schematic of the sequence timing of a diffusion-weighted HASTE sequence 
with split-echo acqusition.
modified FSE acquisition, th a t is a split echo acquisition, which was insensitive to 
the phase of magnetisation. In the split acquisition mode two echo trains, ETi  and 
E T 2 , are generated. Suitable phase-encoding allows the acquisition of a complete 
raw dataset for a m agnitude image from ETi.  Acquisition of E T 2 also leads to a 
complete raw dataset. Thus, two separate magnitude images are obtained after 
Fourier transform ation, which can be added together to improve the SNR [36].
This diffusion-weighted HASTE sequence, in the literature also referred to as 
the SPLICE (single-shot sequence for diffusion-weighted fast spin-echo imaging) 
sequence, was implemented on the 1.5 T Magnetom Vision MR scanner by M. 
Bourgeois [37]. A schematic of the sequence timing is illustrated in Figure 7.1. 
Diffusion gradients were applied in all three directions to obtain higher diffusion- 
weighting. Two sequences were available, which, together, yielded eight diffusion- 
weighted m agnitude images plus two “noise” images. The first sequence gave four 
images with low diffusion-weighting, the b-values were 0, 10, 20 and 50 s m m “ .^ 
The second sequence yielded four higher diffusion-weighted images, which were 
acquired with b-values of 100, 200, 300 and 400 s m m “  ^ and these images were 
used to calculate an ADC map. The noise image was used to estim ate the noise 
of the data.
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P S IF
Another sequence type tha t, although not initially intended for quantitative 
diffusion imaging in vivo, has because of its strong sensitivity to diffusion been 
investigated, is the SSFP sequence PSIF (see also C hapter 2, Section 2.5).
If a  RF pulses are applied in rapid succession, th a t is when Tr is on the 
order of, or less than T2 , and the transverse m agnetisation is not spoiled between 
consecutive pulses the condition of SSFP or a coherent steady-state will develop, 
in contrast to the incoherent steady-state assumed in steady-state EPI. There, 
due to the length of the echo train, no transverse m agnetisation was present 
before re-excitation. In SSFP, though, coherent transverse m agnetisation M ~  
forms just before each RF pulse and M~^ just after each RF excitation. Each RF 
pulse creates both new transverse m agnetisation and partial echoes of previous 
transverse magnetisations, these can be spin-echoes or stim ulated echoes. M'^ is 
then the sum of transverse m agnetisation created by the most recent RF pulse 
and the echoes of previous excitations. M ~  consists only of echoes. Either of 
these coherent steady-state signals can be used for imaging. Techniques such as 
FISP, FAST or GRASS use whereas CE-FAST and PSIF discussed here use 
M ~.
Several authors showed th a t an added large gradient pulse after each RF exci­
tation allowed both and M ~  to be sensitised to diffusion [204, 205], in par­
ticular M ~  could be significantly reduced [34].
The SSFP signal, M ~ , w ithout diffusion gradient can be w ritten as [34, 35] 
M-  =  -M o(l  -  c o s a t - -  cos a)
where
E , =
En =
194 CHAPTER 7. COMPARISON OF DW I TECHNIQUES
echo
\ T J -
RF/signal
Figure 7.2: Sequence timing diagram of a diffusion-weighted PSIF sequence with bipolar 
diflFusion gradients.
Wu and Buxton [205] showed th a t in the case of a single gradient pulse imme­
diately following the RF pulse the signal attenuation depended not only on the 
b-value and ADC but also on Ti, T2 , a  and the gradient parameters.
Le Bihan et al. [204] approximated the diffusion effect on the SSFP signal and 
showed th a t in the case of modest attenuation the effect of diffusion appeared as 
a reduced T2 . However, the model overestimated the ADC when attenuation was 
large. Ding et al. [35], though, argued th a t Le B ihan’s approach was well suited 
for the case of bipolar gradients.
Adding bipolar diffusion gradients in each T r  interval has the effect th a t when­
ever the spins experience T2 relaxation they are also affected by diffusion attenu­
ation, and E 2 in Equation (7.1) has to be replaced by
E '2 =  AdE2. (7.2)
For a Gaussian distribution of molecular displacement (see Ch. 2, Sec. 2.4.1) 
the attenuation factor, A ^, can be written in the familiar form
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71d =  (7.3)
with [15, 204]
'Tr 2r^R U'
13 = 7  /  G{t)dt
Jo Jo
(7.4)
Substituting Equation (7.2) into Equation (7.1) the SSFP echo signal with 
diffusion attenuation is derived [35],
EnC gjrj Q ,
M-W .  -Mod -  (7.5)
For the case <C 1, a situation th a t for example can be achieved by
choosing T r  and ^  properly, but bearing in mind th a t T r  < for a coherent 
steady-state. Equation (7.5) can be rewritten as
M - (P) «
(1 -  El cos a)
or
M - (/)) % M -  (0)e-^^^, (7.7)
hence the ADC can be determined by linear regression analysis of the natural 
logarithm  of the signal against 2/3. The measured ADC is in this case independent 
of Ti, T2 and a.
However, for pelvic imaging, the anatom ical region of interest discussed in 
this work, this condition can only be satisfied for very large b-values {2(3). For 
the prostate, for example, T2 ~  140 ms and ADC % 1.5 x 1 0 “  ^ mm^ s“ E 
If the T r  — 50 ms, b-values have to be larger than 600 s m m “ ,^ assuming 
exp[—2 T/ï/T 2 ] exp[—6 D] <  0.2 [35] to be adequate for in vivo accuracy.
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7.2 A First Comparison Using A Phantom
7.2.1 The D ata
ADC maps and their associated Q maps, as illustrated in Figure 7.3(a)-(e), 
were obtained on the same slice of a calibration phantom with varying T1 /T 2 
ratios [206] and were used for an initial comparison of the sequences. The results 
should be reported here as they helped to point out differences and problems of 
the individual sequences.
Additional imaging param eters not summarised in Table 7.1 were identical 
for all sequences except for the PSIF sequence. These were: FOV, 220 x 220 
mm^, m atrix size, 128 x 128, slice thickness, 8  mm. For the PSIF sequence the 
minimum FOV was 300 x 300 mm^. A single transverse slice through the centre of 
the phantom  was chosen for imaging. In addition to the diffusion-weighted data  
Ti- and T2 -weighted images were acquired using a standard inversion recovery 
HASTF sequence and a multi-shot FSF sequence respectively.
A PGSF-based sequence was used to acquire reference data. This was a stan­
dard SF imaging sequence with an added diffusion-gradient pair (7g , 80 ms, T r, 
2000 ms, (5, 30 ms. A, 40 ms. Go, 0, 3, 9 and 15 m T m " \  b-values, 0 , 17, 156 and 
435 s m m ”^). Figure 7.4(a) shows the reference ADC and Q maps. Figure 7.4(b) 
and (c) shows an T2 and Ti map of the T1 /T 2 phantom and Table 7.3 summarises 
the relaxation param eters of the individual tubes.
7.2.2 R esults
As can be seen in Figure 7.4(a) the diffusion coefficient was constant over the 
whole phantom, th a t is in the individual tubes and the surrounding solution, where 
the reference ADC map yielded a mean ADC of (2 . 1 1  ±  0.04) x 10“  ^ mm^ s~F 
The ADC was then measured for two ROI’s, as outlined in Figure 7.4(a), in all 
maps. Table 7.4 summarises the obtained values.
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(a) "Original" DW-Burst
(b) DG-Burst
(c) 2-segmented GE-EPI
(d) 2-segmented SE-EPI
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(e) HASTE
(f) PSIF
Figure 7.3; ADC and Q maps obtained on a single transverse slice of a T1 /T 2  phan­
tom with different sequences, (a) The “original” DW-Burst sequence, (b) DG-Burst 
sequence with diffusion gradients of 15 mT. (c) 2-segmented steady-state GE-EPI se­
quence. (d) 2-segmented steady-state SE-EPI sequence, (e) HASTE sequence, (f) 
PSIF. (ADC in units of 10“  ^ mm^ s~^)
7.2.3 D iscussion
Comparing the calculated ADC maps (Fig. 7.3) it became obvious th a t the 
different sequences yielded different results. Neglecting imaging artifacts (distor­
tions and signal drop out), which were strongest on the C F -F P I map, only the 
HASTF sequence yielded a similar result as the PC SF sequence with constant 
ADC throughout the phantom. The Burst sequences overestimated the ADC in 
two tubes, whereas with the SF-FPI sequence no ADC could be obtained for ten 
out of twelve tubes. The PSIF sequence overestimated the ADC of the base so­
lution and for three tubes no ADC could be calculated. Possibly reasons for the 
observed discrepancies will be discussed in the following paragraphs.
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Relaxation Times Tube 1 Tube 2 Tube 3 Tube 4
Ti (ms): 634 ±  3 824 ±  9 632 ±  5 310 ±  2
T2 (ms): 146 ±  3 129 ±  5 109 ±  7 82 T 9
Relaxation Times Tube 5 Tube 6 Tube 7 Tube 8
Ti (ms): 318 ±  2 203 ±  3 488 ±  3 815 ±  10
T2 (ms): 121 ±  5 72 ±  11 79 ±  19 169 ±  3
Relaxation Times Tube 9 Tube 10 Tube 11 Tube 12
Ti (ms): 481 ±  3 479 ±  3 861 ±  15 962 :h 18
T2 (ms): 142 ±  5 103 ±  7 282 d: 3 144 ±  7
Relaxation Times Base
Ti (ms): 283 ±  1
T2 (ms): 256 ±  1
Table 7.3: Relaxation times of the individual tubes as shown in Figure 7.4(b) and (c) 
and the base solution of the T1 /T 2 phantom.
Sequence A D C  RO I 1
(1 0 “  ^ mm^ s “ )^
A D C  R O I 2
(1 0 “  ^ mm^ s~^)
s b l 6 _ 1 0 0 2 . 0 ± 0 . 1 2 . 1 ± 0 . 2
sb9_dgl5 1.95 0.06 1.98 ± 0.06
GE-EPI 2.4 ± 0 . 2 1.7 ± 0 . 2
SE-EPI 2.2 ± 0 . 2 2 . 1 ± 0.2
HASTE 2 . 1 ± 0 . 1 2.2 ± 0 . 2
PSIF 3.3 ± 0 . 2 3.4 ± 0 . 2
POSE as ref. 2.09 ±  0.04 2.13 ±  0.04
Table 7.4: Measured ADC for two ROI’s with different sequences.
200 CHAPTER 7. COMPARISON OF DW I TECHNIQUES
(a)
(b) (c)
Figure 7.4: (a) ADC and Q map corresponding to maps shown in Figure 7.3 obtained 
with a standard PCSE-based sequence. The two ROFs used to determine the ADC on 
the different maps is shown, (b) T2  map used for correction of the Burst data, (c) T\ 
map used for correction of the PSIF images. (ADC in units of 10“  ^ mm^ s“ ,^ T\ and 
T2 in units of ms)
B u rst
Because of the combined T2 and D  decay of the measured signal the Burst se­
quences required T^-correction before the ADC map could be calculated (see Sec­
tion 3.4, § 3.4.1). An overestimated ADC, shown bright in the maps (Fig. 7.3(a) 
and (b)), could therefore have been the result of an overestimated Tg by the T2 - 
mapping sequence. In the case of very short Tg, the signal measured with the 
FSF sequence decayed very rapidly with images acquired with longer Te  contain­
ing mainly noise. Thus, fit to the data  resulted in a T2 value higher than  the 
real value. Consequently, T2 correction resulted in a corrected signal th a t was too 
low leading to an overestimated ADC. The two solutions had measured Tg's of 
72 ms and 79 ms, thus indeed relatively short transverse relaxation times and the
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Figure 7.5: Semi-log plots for individual single pixels yielding fits with high accuracy 
(A) and low accuracy (O). (a) DW-Burst: ADC a  =  2 . 1  ±  0 .2 , Q =  0.95, ADCo = 
2 . 8  ±  0 .2 , Q < 0.001; (b) DG-Burst: ADCa =  196 ±  0.07, Q =  0.57, ADCo =  195 ±  
0.05, Q < 0.001. (Units of ADC in 10“  ^ mm^ s~^.)
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FSE sequence probably overestimated these T^^s. The corresponding Q map also 
shows the poor fit for these tubes.
O ther solutions which yielded higher ADC’s, shown brighter in the map, all 
had relatively low (— 1 0 0  ms) whereas the remaining solutions, th a t gave 
approximately the same ADC’s, had 7^’s ranging from 121 to 282 ms.
Another point th a t should be mentioned here and will require further investi­
gation was the poor Q map in the case of the DG-Burst sequence, this although 
the data acquired with this sequence had higher SNR and the b-values covered a 
wider range than  the original DW -Burst sequence. However, it has been shown 
in Chapter 5, Section 5.7 th a t the amplitudes in the DG-Burst echo train  a t the 
reduced flip angle were affected by a systematic variation caused by stim ulated 
echoes. The poor Q map is probably a result of this variation.
Plots of the signal decay measured for a single pixel illustrating the cases for 
Q >  0.1 and Q < 0.001 (Fig. 7.5(b)) showed the stronger deviation of the mea­
sured data points from the fitted straight line and thus confirmed the usefulness of 
the Q map in evaluating the reliability of the obtained ADC map. On a positive 
note, the low Q-value did not appear to alter the final fitted value of the ADC 
and the m ap obtained with DG-Burst is significantly less noisy (see Table 7.4) 
than  the one obtained with the “original” DW -Burst sequence.
E P I
The ADC map obtained with the GE-EPI sequence suffered from imaging ar­
tifacts associated with geometric distortions and signal drop out in the diffusion- 
weighted GE images. These are probably the cause for the ADC variations mea­
sured over the whole phantom. Regions of imaging artifacts are well depicted in 
the Q map (Fig 7.3(c)).
To understand the result obtained for the steady-state SE-EPI sequence illus­
tra ted  in Figure 7.3(d) the long Te of 147 ms in relation to the different T ^s  and
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different T i’s of the solutions needed consideration. Only solutions which had a 
relatively long T2 with a comparatively short Ti yielded an ADC, namely tube 5 
and tube 11 with T2 S of 121 ms and 282 ms and T i’s of 381 and 861 ms respec­
tively. In solutions with short T2 the transverse m agnetisation decayed too rapidly 
and no m agnetisation was available to form an echo. In solutions having long T2 , 
no measurement was possible if the T\ was long as well, which was the case for 
all the other tubes having a longer T2 than tube 5. In this case the longitudinal 
magnetisation didn’t have enough time to recover and for these tubes the signal 
was not in the steady state. The Q map corresponds very well to the ADC map.
P S IF
In PSIF the measured signal not only depends on the ADC but also on the 
imaging param eters T r  and a  and both relaxation param eters T \  and T 2 [34]. 
Thus, not only a T2 map was required but also a T\ map and ideally an a  map as 
well. For the data  analysis it was assumed th a t a  was constant over the imaging 
volume. An ADC map was calculated by linear regression analysis to the post­
processed d a ta  vs. their corresponding b-values as follows. Equation (7.5) can be 
written as
with ATi, K 2 and K-  ^ being defined by Equation (7.5). K 2 and depend only 
on the imaging and relaxation parameters, thus can be calculated. K \  depends 
also on Mq. Using the un-weighted data, M “ (0), though, K \  can be w ritten in 
terms of M ~(0), K 2 and and therefore can be determ ined as well. Rearranging 
Equation (7.8) gives
W ith PSIF no ADC could be calculated in the case of very short T2 , th a t
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Figure 7.6: Strong negative correlation between ADC and T\ measured for PSIF data 
(r =  -0.65, p < 0.001).
is for tubes 4, 6  and 7 having 7^'s of 82, 72 and 79 ms respectively. For the 
other solutions a decrease in measured ADC with increasing Ti was observed as 
illustrated in Figure 7.6 (r =  —0.65, p < 0.001). The sequence highly overesti­
m ated the ADC in the case of short 7 i, th a t is for the base solution with a Ti of 
283 ms. But it yielded correct results for tubes with T{s in the range from 632 to 
861 ms, when taking the high standard deviations obtained for the ADC’s in the 
individual tubes into account.
As the PSIF signal depends in a rather complicated way on Ti and T2 , it is 
difficult to  say if the observed effect of overestimated ADC’s is purely a Ti effect 
— the strong correlation between ADC and Ti would support th a t hypothesis — 
or if it is in fact a combination of Ti and 7^. As discussed previously the FSE 
sequence overestimated the 7^’s in case of short spin-spin relaxation times. It has 
also to be noted th a t the Ti map showed a high standard deviation in the T i’s 
measured^ and it was obtained as a 256 x 256 m atrix and needed re-scaling to a 
128 X 128 m atrix before it could be used for correcting the PSIF data. This also 
might have affected the result.
 ^Standard deviations stated in Table 7.3 were for values obtained by fitting to ROI’s rather 
than fit on a pixel-by-pixel basis as required for the calculation of a Ti map.
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These preliminary results obtained with PSIF, also in view of the feasibility 
of the technique for in vivo imaging, will require further investigation. This, 
however, was not the aim of this project.
7.3 A First In Vivo Evaluation of the Sequences
7.3.1 The Data: Intra-Cranial Images
A single transverse slice through the brain of a healthy volunteer was chosen for 
imaging. The m ajor imaging param eters and diffusion relevant param eters of the 
different sequences have already been presented in Tables 7.1 and 7.2. Additional 
imaging param eters for in vivo imaging included: FOV, 300 x 300 mm^, m atrix 
size, 128 X 128 and slice thickness, 8  mm.
The Ti and T2 values of white m atter are 720 ms and 90 ms respectively [168] 
and an ADC ranging from 0.60 to 1 . 1 1  x 1 0 “  ^ mm^ s~^ has been reported for 
healthy white m atter tissue (mean value 0.70 - 0.75 x 10“  ^ mm^ s“ )^ [168, 207] .
7.3.2 Burst
The “original” DW -Burst sequence and the DG-Burst sequence yielded 16 
and 9 increasingly diffusion-weighted images respectively. Representative images 
obtained with the two sequences are shown in Figures 7.7(a) and 7.8(a). T2 
data  were acquired with a FSE sequence to correct the Burst da ta  for Tg-decay. 
Figures 7.7(b) and 7.8(b) show the corresponding images after T^-correction.
For the relatively large FOV of 300 x 300 mm^ the diffusion/read gradient 
of the DW -Burst sequence was 7.9 mT m “  ^ and b-values covered a range from 
0 to 134 s m m “  ^ only. These values are insufficient to determ ine a diffusion 
coefficient. Calculation of the ADC requires b-values in the order of 300 s m m “  ^
and higher [123] as discussed in Chapter 4, Section 4.2. For lower b-values the
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(a)
(b)
Figure 7.7: (a) 4 out of 16 increasingly T2 - and diffusion-weighted images acquired with 
the “original” DW-Burst sequence. The Tj^’s and b-values of the shown images are 23, 
46, 65 and 73 ms and 2, 30, 94 and 134 s mm~^ respectively. The SNR measured for the 
first (unweighted) image is 29. It was calculated as SNR =  ^ '5 3 ' ,  where <«S'w.m.> is 
the mean signal measured in a white matter ROI and a at is the standard deviation of 
the noise estimated for a ROI outside the head, (b) The 4 images after T2 -correction. 
The images are hardly diffusion-weighted and images acquired with a longer Te are 
increasingly affected by pulsatile brain motion.
measured signal can in the presence of microcirculatory blood flow be expected to 
be due to perfusion. In this case calculation yields a pseudo-diffusion coefficient, 
D*, rather then a diffusion coefficient, D. In term s of the ADC, this would be 
reflected in high values measured. W ith DW -Burst very high ADC’s were obtained 
indeed (see Figure 7.9(a)). The decoupled sequence provided b-values in the range 
from 0 to 464 s mm~^, theoretically sufficient to extract an ADC. The calculated 
ADC’s were lower than the ones obtained with DW -Burst, but, still they were 
higher than expected (Fig. 7.10(a)).
For both sequences a ROI was analysed. Semi-log plots showed linear decay 
behaviour, for DC-Burst even though the ROI was drawn in a region where no 
fit was possible according to the Q map (Figs. 7.9(b) and 7.10(b)). Thus, in the 
absence of other da ta  one could possibly argue th a t the observed effect is indeed
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Figure 7.8: (a) 4 out of 9 increasingly T2 - and diffusion-weighted images acquired with 
DG-Burst. Corresponding Tg^s and b-values are 27, 50, 74 and 97 ms and 3, 39, 136 
and 325 mm“  ^ respectively. The SNR measured for the first image is 84. (b) The 4 
images after T2 -correction. Images acquired with higher diffusion-weighting (longer Te ) 
are severely corrupted by motion.
due to strong perfusion. However, da ta  obtained with EPI (§ 7.3.3) and HASTE 
(§ 7.3.4) contradict this interpretation. The most likely reason for the overes­
tim ated ADC with Burst is motion. As can be can be appreciated in the two 
datasets shown ((Figs. 7.7(a) and 7.8(a)) the higher T2 - and diffusion-weighted 
data  were in both cases severely corrupted by motion in the phase-encoding di­
rection.
A discussion of possible other reason for an overestimation of the ADC using 
Burst will be given in the conclusions to this section.
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Figure 7.9: (a) ADC map of the Tg-corrected DW-Burst images (left) and corresponding 
“goodness-of-fit” map. (b) Single-pixel semi-log plot of normalised pixel intensities vs. 
b-values with Q > 0 . 1  (A) and ROI fit (O). Single-pixel fit yields ADC a  =  6 . 8  ±  0.3 
X 10“  ^ mm^ s " \  Q =  0.765. ROI fit gives ADCo =  7  ±  1 x 1 0 ~  ^ mm^ s~^. Insert: 
Anatomical image with fitted ROI outlined. (Units of the greyscale bar in (a) are in 
' • )10  ^ mm^  s
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Figure 7.10: (a) ADC map of the T2 -corrected DG-Burst images (left) and corresponding 
Q map, (b) Semi-log plot of normalised pixel intensities (A: single pixel; O: ROI) vs. 
b-values, Q < 0.001. The fitted ROI is the same as in Figure 7.9(b). Here the results of 
the fits are: ADCa =  2.64 ±  0.06, Q < 0 . 0 0 1  and ADCo =  2.7 ±  0 .6 . (ADC in units 
of 1 0 “  ^ mm^ s~^)
7.3.3 M ulti-Shot Steady-State EPI
Four diffusion-weighted steady-state GE-EPI sequences were used to acquire 
increasingly diffusion-weighted images. These are illustrated in Figure 7.11(a). 
The unweighted image was almost artifact free, except for the well-known EPI 
signal drop-out in the area of the sino-nasal cavity, whereas the diffusion-weighted 
images suffered from ghosting in the phase-encoding direction. The N / 2  coherent 
ghost implies th a t alternate lines (i.e. the two segments) had an inconsistency 
between them. This was assumed to be due to phase errors caused by motion in 
the presence of the large diffusion gradients.
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Figure 7.11: (a) Four increasingly diffusion-weighted images acquired in vivo with a 
2-segmented steady-state GE-EPI sequence (b-values, 0, 83, 186 and 331 s mm“^). 
The SNR measured for the unweighted image is 29. (b) Phase-corrected images. The 
ghosting could be partly removed.
Assuming the artifact was caused by phase-shifts introduced during the appli­
cation of the large diffusion gradients and /or during the delay tim e between the 
acquisition of the two segments it should be possible to correct the images off-line. 
This should be possible w ithout extra data  as long as the image raw data  instead 
of the magnitude images are available. Both phase-shifts introduced during the 
diffusion-weighting module and during the time delay lead to a phase-difference 
between the two segments, resulting in the observed ghosting.
In an a ttem pt to verify this assumption the EPI data  were corrected off-line. 
Phase-shifts between 0 and 27t were introduced between the two segments and 
the ghosting measured for the applied phase value until an image with minimum 
ghosting was obtained. All three diffusion-weighted images could be improved, 
the reduction in ghosting being between 10 and 30%. The corrected images are 
shown in Figure 7.11(b).
Both datasets were used to calculate ADC and Q maps, shown in Figure 7.12(a)
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Figure 7.12: (a) ADC and Q map of the uncorrected GE-EPI images, (b) ADC and Q 
map of the corrected dataset.
and (b), where the corrected dataset yielded the better result reflected in the Q 
map. The mean ADC measured for white m atter in one small ROI as depicted 
in Figure 7.13 was (1.2 ±  0.5) and (1.0 ±  0.5) x 10"^ mm^ s~^ in the corrected 
and uncorrected ADC map respectively. The measured values were higher than 
the ADC reported in the literature, probably a result of the imperfect correction 
of the images and residual ghosting.
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Figure 7.13: Semi-log plot of the signal decay measured for a single pixel (A) and 
averaged ROI (O) vs. b-values, (a) Uncorrected data: ADCa = 0 . 8  ±  0 .1 , ADCo 
=  1.3 ±  0.4. The insert shows the ROI overlayed on the unweighted EPI image, (b) 
Corrected data: ADCa = 15 ±  0 .2 , ADCo = 15 ±  0.4. (ADC in units of 1 0 “  ^mm^ s~^. 
For the greyscale bar the maximum clip value was set to 6  x 10“  ^ mm^ s " \  that is, 
pixels shown in white represent ADC’s > 6  x 10 • )
7.3. A FIRST IN  VIVO EVALUATION OF THE SEQUENCES 213
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Figure 7.14: (a) Low diffusion-weighted HASTE images after combination of the two 
corresponding magnitude images obtained for the two echo trains in the split-echo ac­
quisition (b-values, 0, 50, 100 and 150 s mm~^). Measured for the unweighted image 
SNR =  58. (b) High diffusion-weighted HASTE images after combination of the two 
corresponding magnitude images (b-values, 100, 200, 300 and 400 s mm~^). The first 
image acquired with b =  100 s mm“  ^ yields SNR = 37.
Two image series were acquired, the first with low diffusion-weighting (b-values 
of 0, 10, 20 and 50 s m m “ ^), these images are shown in Figure 7.14(a), the second 
with high diffusion-weighting (b-values of 100, 200, 300 and 400 s mm~^), as 
shown in Figure 7.14(b). In addition one noise image was obtained for each 
series. These single-shot images did not suffer from imaging-related artifacts and 
provided anatom ically more correct detail than  any other tested sequence.
For calculation of the ADC and Q map the four images with high diffusion- 
weighting only were used. Figure 7.15(a) shows the calculated ADC map, which 
dem onstrates in great detail grey and white m atter and CSF. The ADC measured 
in a white m atter ROI was (0.9 ±  0.2) x 10“  ^ mm^ s " \  in agreement with 
the literature [168, 207]. The same ROI and a single-pixel located inside the 
ROI were analysed using all available data, th a t is, the low-b-value images as
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Figure 7.15: (a) ADC and Q map of the HASTE images, (b) Semi-log plot of a ROI 
(O) and a single pixel (A) vs. b-values. Linear regression yields ADCo = 0.88 ±  0.08 
and ADCa = 1 0  ±  0 .1 . (ADC in units of 1 0 ~  ^ mm^ s“ )^
well as the high-b-value da ta  (Fig. 7.15(b)). Linear regression analysis yielded 
A D C o  =  0 . 8 8  ±  0.08 and A D C a  =  1 0  ±  0 .1 , in agreement with fit to  the high- 
b-value da ta  only.
7.3.5 Discussion
An in depth discussion regarding image artifacts, SNR, acquisition tim e and 
number of DW images will be given in the discussions at the end of this chapter. 
Here the discussion will solely focus on the ADC values (maps) obtained with the 
different techniques.
The ADC maps showed great differences, with the ADC obtained with HASTE
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being the only one in agreement with the literature.
Qualitatively, ADC maps obtained with HASTE and EPI clearly allow to 
distinguish between CSF, shown bright, and white m atter. On the HASTE ADC 
map the white m atter/grey  m atter interface is also delineated very well. The maps 
obtained with Burst, although they show CSF, the interfaces are not outlined 
clearly and no distinction between grey and white m atter is possible. The ADC 
map obtained with EPI reflects the signal drop-out in the area of the sinuses on 
the EPI images.
Quantitatively, both Burst sequences overestimated the ADC’s significantly. 
DW -Burst yielded b-values in a range from 0 to 134 s m m “  ^ only and for DC- 
Burst only one b-value was larger than 300 s m m “ .^ Thus, in the absence of other 
da ta  this could imply th a t the high ADC’s are due to perfusion. The results 
obtained with EPI and HASTE, however, oppose the theory of an observable 
perfusion effect. They used b-values in a similar range as D C-B urst ( 6 e p i , 0 to 
331 s m m “ ,^ Chaste, 0 to 400 s m m “^) and no perfusion was measurable (see 
Figure 7.15(b)). Comparing the attenuation, \nS /So ,  measured w ith the different 
sequences for b % 140 s m m “ ,^ DW -Burst gives about —1.0, D C-Burst —0.4 and 
EPI and HASTE result in an attenuation of about —0.2.
The most likely reason for the far too high ADC’s obtained with Burst is 
motion. As shown in Figures 7.7 and 7.8 the higher the diffusion-weighting the 
more pronounced is the motion artifact observed in the phase-encoding direction. 
The increased “spreading out” of the signal across the whole image outside the 
head with diffusion-weighting leads to a higher signal decay than  expected and 
hence higher ADC. Another problem th a t needs to be mentioned here is the 
necessary 7^-correction of the Burst-diffusion data. The reported 7^ in white 
m atter is only 90 ms, measurement of white m atter T2 in the T^-correction map 
however yielded 114 ±  16 ms. Hence, this might have also affected the resultant 
ADC and shifted towards higher values, however, not to the extent observed here.
C E-EPI also slightly overestimated the ADC value in comparison to the re­
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ported literature value. As has been pointed out previously this might be due 
to residual ghosting. No da ta  were obtained with the SE-EPI sequence as white 
m atter has a very short T2 with a relatively long Ti comparable to tube 3 of the 
T1 /T 2 calibration phantom  (Sec. 7.2).
7.4 Abdom inal Imaging w ith the Different Tech­
niques
7.4.1 The Data: Images of the Male Pelvis
For abdominal imaging a single-slice through the pelvis of male volunteers was 
chosen for imaging. The slice position was chosen to include the prostate. D ata 
were acquired in several imaging sessions with different objectives in mind thus 
images were acquired with different FOV’s. These will therefore be reported on 
an individual basis w ithout an a ttem pt a t quantitative comparison. In all cases 
128 X 128 matrices were acquired with the sequence param eters summarised in 
Table 7.1.
According to the literature the Ti and T2 values of the healthy prostate are as 
follows: Ti =  803 ±  14 ms (measured at 100 MHz) [166], T2  =  122.2 ±  33.8 and 
8 8 . 2  ±  13.3 ms in the peripheral zone and central gland respectively [23]. The 
mean ADC of prostate tissue is 1.25 ±  0.23 and 1.17 ±  0.18 x 1 0 “  ^ mm^ s~Hor 
the peripheral zone and central gland respectively [23].
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7.4.2 Burst
sb l6 _ b l0 0  vs sb9_dg6
For comparison of the performance of the “original” Burst-diffusion sequence 
with the improved DG-Burst sequences in vivo in term s of SNR and diffusion- 
weighting, da ta  were acquired with the same imaging param eters used in the 
clinical study presented in C hapter 4, th a t is a FOV of 180 x 180 mm^ and a 
slice thickness of 1 0  mm.
(a)
(b)
Figure 7.16: (a) 4 out of 16 increasingly diffusion- and T2 -weighted images of the male 
pelvis acquired with the DW-Burst sequence. The Tj^’s of the shown images are 19.34, 
34.70, 50.06 and 69.26 ms and the corresponding b-values are 2, 30, 109 and 314 s mm“ .^ 
The SNR measured for the first (unweighted) was estimated as SNR = ,
SNRfat =  14. (b) Corresponding images after Tg-correction.
The DW -Burst sequence yielded a diffusion/read gradient of 13.18 m T m~^ 
with b-values covering a range from 0.36 to 373 s m m “ .^ Representative images 
before and after T^-correction are shown in Figure 7.16(a) and (b) respectively. 
Figure 7.17(a) and (b) shows the first four out of nine images before and after In ­
correction acquired with a D C-Burst sequence. The sequence used was sb9_dg6, 
thus the diffusion gradient had a gradient strength of 6  m T m “  ^ and Gread for this 
FOV was 3.26 mT m ~ \ yielding b-values ranged from 0.08 to 618.45 s mm~^. In
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(a)
(b)
Figure 7.17: (a) 4 out of 9 increasingly diffusion- and T2 -weighted images acquired with 
DG-Burst. Images with T^’s of 17.68, 38.16, 58.64 and 79.12 ms and b-values of 0, 4, 
18 and 47 s mm~^ are shown. The SNR estimated for the first image as in Figure 7.16, 
SNRfat = 30. (b) Corresponding images after T2 -correction.
both cases the same T2 -m ap obtained with a FSE sequence was used for correcting 
the data for the combined diffusion and T^-decay.
ADC maps (Fig. 7.18(a)) were calculated as described previously. In the 
“goodness-of-fit” map all pixels had Q < 0.001 as the measured diffusion decay af­
ter T2 -correction deviated from the predicted single-exponential. One hypothesis 
was th a t this could have been due to an observable perfusion effect as described 
in Chapter 4, Section 4.2.
The datasets available for the comparison in this paragraph were acquired in 
an anatom ical region of the pelvis th a t did not include the prostate. The tissues 
in the image are bone, muscle and (sub-cutaneous) fat. As an organ the bladder 
is clearly visible. For analysis a small ROI in sub-cutaneous fat was chosen as 
shown in Figure 7.18(b). One would not expect to measure perfusion in this 
region. However, the decay was clearly not a single-exponential. Here, this was 
probably due to the necessary 7^-correction of the Burst data  and the problem of 
determining the T2 of fat accurately with a FSE sequence [208, 209]. Figure 7.19 
shows a semi-log plot of a similar ROI drawn on images acquired with HASTE to
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Figure 7.18: (a) ADC map of the Tg-corrected DW-Burst data, (b) Semi-log plot of 
normalised signal intensities vs. b-values for a ROI in sub-cutaneous fat. ADCo =  3.1 
±  0.4. (ADC in units of 1 0 “  ^ mm^ s“ )^
illustrates th a t the signal decay in sub-cutaneous fat is single-exponential.
Images acquired with the DG-Burst sequence had longer T ^’s, thus, higher 
diffusion-weighted data  were more noisy due to the increased T2 -decay. Further­
more these images were more affected by motion artifacts as has been shown in 
Figure 5.13.
sb9_dg6 vs sb 9 _ d g l5
In a second experiment da ta  were acquired with two DG-Burst sequences, the 
already mentioned sequence sb9_dg6 and sequence sb9_dgl5. The la tter had a 
shorter r ,  thus shorter T^, which reduced T^-decay. Images were acquired with
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Figure 7.19; Semi-log plot of normalised signal intensities vs. b-values for a ROI in 
sub-cutaneous fat. Image data acquired with HASTE. ADCo =  (1.7 ±  0.1) x 1 0 ~  ^
mm^ s“ L
(a)
(b)
Figure 7.20: (a) 4 out of 9 increasingly diffusion- and Tg-weighted images of the male 
pelvis acquired with sb9_dg6. The T ^’s of the shown images are 17.68, 58.64, 79.10 and 
140.56 ms and the corresponding b-values are 0, 12, 32 and 194 s mm~^. The SNR 
measured for the first (unweighted) image was estimated as SNR =  SNRfat =
106. (b) Corresponding images after 7 2 -correction.
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Figure 7.21: (a) 4 out of 9 increasingly diffusion- and Tg-weighted images acquired with 
sb9_dgl5. Images with Tg’s of 12.12, 35.60, 47.39 and 82.56 ms and b-values of 0, 15, 
39 and 217 s mm~^ are shown. The SNR estimated for the first image as in Figure 7.20, 
SNRfat =  87. (b) Corresponding images after T2 -correction.
a FOV of 300 x 300 mm^ and a slice thickness of 10 mm. b-values ranged from 
0.03 to 424.31 s m m “  ^ and from 0.03 to 463.67 s m m “  ^ for sequences sb9_dg6 and 
sb9_dgl5 respectively.
Figures 7.20(a) and 7.21(a) show representative images acquired with the two 
sequences with similar diffusion-weighting but different T2 -weighting. In Fig­
ures 7.20(b) and 7.21(b) the da ta  are shown after 7 2 -correction. As can be ap­
preciated on the corrected image with highest diffusion-weighting d a ta  acquired 
with sb9_dg6 contain less image detail as 7^-decay reduced signal intensity close 
to noise level and correction mainly amplified noise.
Both datasets yielded poor ADC maps with Q largely smaller than 0.001 as 
illustrated in Figure 7.22(a) and 7.23(a).
A small ROI of the prostate was analysed for both  datasets. Figure 7.22(b) 
shows the linear plot for the data  acquired with sb9_dg6. The decay was clearly 
not a single-exponential and liner regression yielded the high ADC value of ( 6  ±  2 )
X 1 0 “  ^ m m ^  s ~ ^
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Figure 7.22: (a) ADC map and Q map of the T2 -corrected DC-Burst data acquired 
with sequence sb9_dg6. (b) Linear plot of normalised signal intensities vs. b-values for 
a ROI (O) and single-pixel (A): foo = 0.40 ±  0.07, D<> = 1.2 ±  0.7, =  60 ±  20
and = 0.41 ±  0.08, D a  =  0.9 ±  0.8, D*  ^ =  40 ±  10. (ADC, D and D* in units 
of 1 0 “  ^ mm^ s“ )^
A number of explanations may be possible for the signal behaviour observed 
here: (i) it could be a genuine perfusion effect; (ii) it could be again due to an 
incorrect 7^-correction, considering th a t prostate Tg is rather short; (iii) averaging 
over tissues with different T^’s and D ’s and anisotropy would also lead to a non­
single-exponential decay behaviour; (iv) motion could have affected the measure­
ment. W ith the limited da ta  available it is not clear what caused the non-single­
exponential decay. On the assumption tha t the measured decay was a genuine 
IVIM effect, a double-exponential fit was performed giving f o  = (0.40 ±  0.07), 
D  = (1.2 zt 0.7) X 10“  ^ mm^ s“\  D* =  (6 ±  2) x 10“  ^ mm^ s~^. For the shown
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single pixel ADC =  (5 ±  1 ) x 1 0 "^ mm^ s ^ \ f o  = (0.41 ±  0.08), D  =  (9 ±  8 ) 
X 10“ “^ mm^ s \  D* =  (4 ±  1) x 10“  ^ mm^ was obtained.
The same ROI was drawn on the dataset obtained with sb9_dgl5. The semi­
log plot of the averaged and normalised signal intensity vs. b-values with a fitted 
straight line and a linear plot of the same data  with a fitted double-exponential 
are shown in Figure 7.23(b) and (c) respectively.
Linear regression analysis gave ADC =  (2.3 ±  0.7) x 10“  ^mm^ s~^ and double­
exponential fit yielded f o  = (0.72 ±  0.04), D = (1.6 ±  0.2) x 10“  ^ mm^ s " \  
D* =  (5 ±  2) X 10“  ^ mm^ s“ .^ For the plotted single pixel an ADC =  (1.6 ±  0.2) 
X 10“  ^ mm^ s“  ^ was obtained, double-exponential fit gave f o  = (0.78 ±  0.05), 
D  =  (1.0 ±  0.2) X 10“  ^ mm^ s " \  D* =  (4 ±  2) x 10“  ^ mm^ s“ P
Thus, single-exponential fit yielded different results for the two sequences, 
this mainly in the prostate and bladder as illustrated in the two ADC maps, 
where sequence sb9_dg6 yielded higher values than sb9_dgl5. Performing double­
exponential fits of the data  to extract /e>, D  and D*, however, showed for the 
examined prostate ROI th a t both sequences yielded similar values for D  and D* 
but a different value for fi). A possible explanation is the higher sensitivity to 
motion of the sb9_dg6 sequence and the longer Te of sequence sb9_dg6. The 
la tter causes images with higher diffusion-weighting to be more noisy leading to a 
“decreased” decay of the diffusion part, which results in an underestim ation the 
diffusion fraction. It would also explain the lower D  obtained with sb9_dg6 with 
respect to the value obtained with sb9_dgl5.
7.4.3 M ulti-Shot Steady-State EPI
D ata of a healthy volunteer were acquired with a steady-state C E-EPI se­
quence with a FOV of 250 x 250 mm~^ and a slice thickness of 8  mm. As 
illustrated in Figure 7.24 hardly any signal was present in the diffusion-weighted 
images and the data  could not be used to extract an ADC.
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Figure 7.23: (a) ADC map and “goodness-of-fit” map of the T^-corrected DG-Burst 
data acquired with sb9_dgl5. (b) Semi-log plot of normalised signal intensities vs. b- 
values of a ROI (O) and a single-pixel (A). ADCo = 2.3 ±  0.7, ADCa =  1 - 6  ±  0 .2 . 
(c) Plot of the same data on a linear scale with a double-exponential fitted to give a 
diffusion and pseudo-diffusion coefficient, D and D*, and the diffusion fraction, fo" foo  
= 0.72 ±  0.04, Do = 1.6 ±  0.2, =  50 ±  20 and = 0.78 ±  0.05, D a  =  1.0 ±
0.2, D*  ^ =  40 ±  20. (ADC, D and D* in units of 10“  ^ mm^ s“ )^
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Figure 7.24: Four increasingly diffusion-weighted images of the male pelvis of a healthy 
volunteer acquired with steady-state GE-EPI. SNRprostate =  6 measured on the un­
weighted image.
The poor SNR of the images was due to the long echo train  and the need of 
being in the steady-state to avoid mismatch between the two segments and thus 
ghosting as discussed in detail in Chapter 6 , Sections 6.6.1 and 6.7.
No d a ta  could be obtained with the SE-EPI sequence, because of the relatively 
short T2  in the abdomen muscle =  8 6  ±  9 ms, ^ 2 ,prostate =  140 ±  19 ms, measured 
using the T2  map obtained for correction of the Burst data) by contrast to the 
long Te 0 Ï the sequence.
7.4.4 H ASTE
During the same imaging session images with the two HASTE sequences were 
obtained. For the acquisition of these images imaging param eters used for a first 
clinical study measuring the ADC’s of prostate carcinoma [37] were utilised, these 
were a FOV of 280 x 280 mm^ and a slice thickness of 10 mm. For the clinical 
study only the high-b-value HASTE sequence is used, thus images will again only 
be analysed using da ta  obtained with this sequence.
Figure 7.25(a) and (b) shows the four diffusion-weighted images acquired with 
the low-b-value and high-b-value sequence respectively. As was the case for the 
brain images pelvic images acquired with HASTE had no serious artifacts.
In Figure 7.26(a) the calculated ADC map and Q map are shown. Fig­
ure 7.26(b) shows a semi-log plot of normalised signal intensities vs. b-values 
for a ROI and two adjacent single pixels as depicted in the insert. The single
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Figure 7.25: (a) HASTE images with low diffusion-weighting after combination of 
the two magnitude images obtained with split echo acquisition. The SNR is esti­
mated for the first (unweighted) image, SNRfat =  57. (b) HASTE images acquired 
with high diffusion-weighting after post-processing, SNRfat =  49 measured for the first 
(b =  1 0 0  s mm“ )^ image.
pixels (in Figure 7.26(b) plotted with symbols A  and V) yielded very good fits 
although different values, A D Ca =  (2.24 ±  0.03) x 1 0 “  ^ mm^ s~^ (Q =  0.9975) 
and ADCv =  (1.34 ±  0.08) x 1 0 “  ^ mm^ s~^ (Q =  0.9974), when only fitted to 
the high b-value data, suggesting th a t perfusion in the prostate might play some 
role and what is observed is due to perfusion on a voxel level. This would also 
explain why the decay curve measured for a ROI deviates from a single exponen­
tial. The measured mean ADC fitting to the high-b-value da ta  only was (1.7 ±  
0.2) X 10“  ^ mm^ s " \  Including d a ta  acquired with the low-b-value sequence does 
not provide clearer information with regards to an observable perfusion effect. As 
illustrated in Figure 7.27, the ADC map shows less variation in the ADC of the 
prostate when fitting to  the complete dataset, though. W hen fitting to the com­
plete dataset the mean ADC of the prostate ROI was (1 . 6  ±  0 .2 ) x 10“  ^mm^ s " \
7.5. CONCLUDING DISCUSSION 227
(a)
0.0
-0.2 H
i
- 0-4
- 0.6  -
A , T  sing le  pixel 
♦  ROI
- 0.8
50 100
(b)
150 200
(bj - bo) / s
250 300 350
Figure 7.26: (a) ADC map and “goodness-of-fit” map of the HASTE data (fit to the 
high b-value data only), (b) Semi-log plot of normalised signal intensities vs. b-values 
of a ROI (O) and two adjacent single-pixels (A, V). ADCo =  17 ±  0 .2 , ADCa =  2.24 
±  0.03 and ADCy =  1.34 ±  0.08. (ADC in units of 1 0 “  ^ mm^ s~^)
7 . 5  C o n c l u d i n g  D i s c u s s i o n
W ith the available hardware the best sequence considering SNR, to tal acqui­
sition tim e of a diffusion-weighted dataset and the accuracy of the obtained ADC 
was the in this chapter presented HASTE sequence. The sequence provided four 
diffusion-weighted images with b-values ranging from 100 to 400 s m m “  ^ and one 
noise image, all acquired in a to ta l of 25 s, thus the image acquisition time is 5 s. 
The SNR of an unweighted HASTE image was about 58 measured on the brain
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Figure 7.27: ADC map and “goodness-of-fit” map obtained with linear regression anal­
ysis on the full 8 -image HASTE dataset. (ADC in units of 10“  ^ mm^ s“ )^
with a standard head coil and measured in the pelvis^ with a phased-array body 
coil. This value probably was biased towards higher values as sub-cutaneous fat 
lies close to  the receiver coil elements, where coil sensitivity is highest. Measure­
ment of the signal in the prostate yielded an SNR of 20, which is comparable 
to the SNR obtained with the Burst sequence sb9_dgl5. Signal averaging may 
improve the SNR here if a better SNR is required.
The tested decoupled Burst sequence yielded nine images but had an acquisi­
tion time of 256 s, thus these sequences were comparatively long and an additional 
dataset of purely T2 -weighted images was required doubling the examination time 
resulting in less patient comfort. If one wanted to acquire say nine images with 
the HASTE sequence in the same time as the Burst da ta  were acquired, HASTE 
could be repeated five times, improving the SNR after signal averaging by y/E.
Furthermore the Burst sequences were more susceptible to motion, especially 
in the higher diffusion-weighted images. Because of the increased echo time, thus 
increased T2 -weighting with increased diffusion-weighting images acquired with 
higher diffusion-weighting contained mainly noise. A fuller discussion of further 
implications of acquiring different b-values with different echo times is given in 
W heeler-Kingshott et al. [30].
However, the above comparison of HASTE vs. Burst does not give the full
^The signal was measured for a fat ROI as fat had the highest signal intensity to yield 
< 5'max > and the noise was estimated for a ROI using the noise image to give
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picture as only single-slice data  acquisition has been considered in this work. 
If one brings into play the whole notion of multi-slicing then the situation is 
dram atically reversed in favour of Burst. Although such a sequence has not been 
tested as part of this PhD, it should be noted th a t a multi-slice version of the 
DG sequence could potentially acquire da ta  for approximately 15 slices during a 
single Tr period. To acquire 15 x 9 b-values would require 15 x 9 x 5 s =  675 s 
using the HASTE sequence, compared with 256 s for Burst. Thus, there is still a 
considerable motivation for the development of Burst.
It is still not completely certain th a t the bi-exponential decay observed is not 
due to an artifact of the Burst da ta  acquisition and post-processing. However, 
if we are correct in our interpretation th a t this is a perfusion effect — and our 
limited observations using HASTE lend some support to this — , then the results 
in the pelvis are extremely encouraging.
In the literature diffusion imaging of the healthy and pathologic prostate using 
single-shot EPI has been reported. Gibbs et al. [23] used a diffusion-weighted 
single-shot SE-EPI sequence to obtain prostate ADG’s. The Te o f their sequence 
was 110 ms, comparable to the Te  o f the steady-state G E-EPI sequence developed 
during this PhD. W ith a Tr of 4000 ms and 16 averages to increase the SNR the 
resulting to tal acquisition time was 8  minutes 44 seconds for 8  images. This 
is double the tim e DG-Burst needs to acquire one image dataset giving further 
support to the Burst technique.
Another drawback of the single-shot approach proposed by Gibbs et al. [23] 
was th a t it only allowed a m atrix size of 96 x 96 to be acquired (see C hapter 6 , 
Section 6.3). Our goal was to have a resolution as high as possible, for this 
reason and to reduce susceptibility artifacts and geometric distortions inevitable 
in abdominal imaging a multi-shot approach as described in Section 6.4 was used. 
The unweighted steady-state GE-EPI sequence yielded a good image contrast in 
the prostate. On the unweighted image the peripheral zone and central gland, tha t 
are the central and transition zones, which are known not to be distinguishable
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by MR [210], were depicted clearly dem onstrating the potential of this type of 
sequence. Neither the HASTE nor the Burst sequences allowed the peripheral 
zone and central gland to  be distinguished. However, the prostate on the GE-EPI 
image is distorted due to susceptibility artifacts caused by the adjacent rectum. 
Steady-state SE-EPI with a higher number of segments might improve the image 
quality in term s of susceptibility artifacts and would because of the shorter echo 
train, thus Tr , also increase signal amplitude.
No da ta  could be obtained in vivo with the 2-segmented steady-state SE- 
EPI sequence. The reason probably was the long Te (147 ms) of the sequence 
compared to  the relatively short 7^ in the pelvis (7 2 ,muscle =  8 6  ±  9 ms, 7^,prostate 
=  140 ±  19 ms)^.
Thus, with the given hardware the segmented steady-state EPI (GE and SE) 
approach is not feasible for abdominal imaging. The echo times of the two se­
quences were too long to have enough signal for diffusion-weighted imaging. The 
presented EPI sequences might be improved with a shortened 7g, this could be 
done by again using a say 4-segmented steady-state approach. Technical lim ita­
tions didn’t  allow this type of sequence to be realised. Scanners with sensitivity- 
encoding (SENSE) [2 1 1 ], which allows for acquisition of multiple da ta  points at 
the same tim e using multiple detectors, could also help to reduce 7g. Newer 
scanner generations also allow for faster gradient ramping and higher gradient 
strengths, thus, the diffusion weighting time could be reduced.
The preliminary results obtained with PSIF in vitro require further investiga­
tion. During this PhD no in vivo da ta  has been acquired. To obtain reliable ADC 
values with PSIF one has whether to work in a regime where the obtained signal 
becomes independent of T%, T2 and a  (§ 7.1.3) or accurate T\ and T^g-maps and ide­
ally also an a-m ap  are required. Calculation of a Ti-map requires the repetition of 
an inversion-recovery sequence with different T /’s (Gh. 5, Sec. 5.3), movement be-
^This value was measured during this PhD. Gibbs et al. [23] reported lower 72's in the 
prostate as stated previously
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tween acquisitions would lead to misregistration and hence inaccurate Ti values. 
Problems with calculation of the T2 -map have already been pointed out, these 
mainly are an overestimation of T2 in the case of short T2 ’s and problems with 
the calculation of fat T2 using a FSE sequence. For these reasons the feasibility 
of the technique for quantitative diffusion imaging remains to  be seen.
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Chapter 8
Conclusions and Future Work
The aim of this thesis was the development of diffusion-weighted MR imaging 
techniques suitable for abdominal imaging, specifically for cancers of the pelvis 
such as rectal adenocarcinoma and prostate carcinoma. All the sequences de­
scribed were implemented on a clinical 1.5 T whole-body MR scanner (Siemens 
Magnetom Vision) and tested in volunteer and /o r patient studies.
B u rst challenges th e  convention al D W I tech n iq u es w hich  are based on  
th e  standard P G S E  approach It has been shown th a t the Burst technique 
allows due to its inherent diffusion and T^-decay of the DANTE echo train  the 
acquisition of a full data  set, sixteen or nine images, of increasingly diffusion- 
weighted images in the time of a typical single spin-echo experiment.
Although slower than single-shot diffusion imaging techniques Burst may be 
favourable over these because each Burst echo acquired is a full spin-echo, hence, 
images do not suffer from susceptibility artifacts and are free from chemical shift 
artifacts. This makes Burst a potentially useful candidate for abdom inal diffusion 
imaging. The sequence does not employ fast gradient reversals to  refocus the 
echoes, thus, no expensive hardware is needed making it easily available, and, im­
portan t for application in a clinical environment, making the sequence acoustically 
very quiet, hence, well tolerated by patients.
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B urst has its  ow n prob lem s The technique, however, suffers from a number 
of disadvantages, which have been addressed in this thesis and possible solutions 
proposed.
In the original implem entation the images suffer from poor SNR caused by 
the low flip-angle of the RF pulses and the high acquisition bandwidth used. 
The readout gradient acts as the diffusion gradient and, thus, diffusion-weighting 
depends on the chosen FOV and can only be obtained along the readout direction.
In this work it has been shown th a t the SNR can be increased by reducing 
the number of RF pulses in the pulse train, which allowed the flip angle to be 
increased, and by increasing the readout time, hence reducing the acquisition 
bandwidth. This to the extent th a t the flnal pelvic Burst images had a higher SNR 
than for any of the other techniques. The coupled FOV and diffusion-weighting 
and one-directional diffusion-weighting has been overcome by increasing the pulse 
interspacing and introducing a new gradient pulse. Go, which is independent 
of the FOV, between consecutive pulses. In principle, the relatively long data 
acquisition tim e could be used more efficiently with a multi-slice variant of this 
sequence.
The sequences here developed have been tested in vivo on the brain and pelvis 
and the results have been presented.
M otion  is th e  m ajor prob lem  in abdom inal D W I w ith  B u rst However, 
the improved Burst sequences were due to the larger diffusion gradients and longer 
pulse interspacing more susceptible to motion, especially in the higher b-value 
images.
The procedure used for corrections of phase-errors during the DWI experiment 
reported in the literature is the so-called navigator technique, where one navigator 
echo is acquired per image echo. However this can only be applied to corrections of 
rigid body motions. In abdom inal MRI, though, complex motion from breathing, 
vascular pulsation, as well as cardiac and patient motion occurs. These lead
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to elastic organ movement and the navigator technique cannot be used for data 
correction. In pelvic imaging main sources of motion artifacts are respiratory 
motion and flow, th a t is vascular flow in the large vessels — the external iliac 
artery and external iliac vein — and transm itted  motion from flow in the urinary 
bladder.
In addition to th a t the motion problem in Burst is a special one. It has been 
shown th a t these phase-errors are polynomial functions of the second order in the 
echo index, thus a full navigator echo train  would probably be required to correct 
all the acquired images. A prototype sequence with two navigator echoes was 
developed. However, it was unsuccessful in correcting the images. Thus, motion 
remains the most signiflcant problem for the Burst diffusion sequence.
M u lti-sh ot d iffusion-w eighted  E P I could be an a ltern a tiv e  m eth o d  for 
abd om in al D W I but not on th e  S iem ens M agn etom  V isio n  scanner
Single-shot EPI is the fastest available MRI technique and the m ethod of choice 
for diffusion imaging of the brain. The technique, however, has a number of 
well known disadvantages, which makes it unsuitable for abdom inal imaging. 
These mainly are susceptibility artifacts and geometric distortions occurring at 
bone/tissue and air/tissue interfaces and chemical shift artifacts, which are due 
to the large bandwidth in phase-encoding direction. The long echo tra in  of single­
shot EPI leads to strong 7^-decay, especially in regions of short T2 . The T2 in the 
healthy pelvis as measured during this PhD lies in the range of 90 to 150 ms.
Using a multi-shot approach can help to overcome problems related to large 
phase-encoding bandwidth. Therefore an interleaved multi-shot EPI sequence was 
proposed. To avoid discontinuity in the interleaved echo trains this sequence is 
executed in a steady state.
Hardware lim itations only allowed a 2-segmented steady-state EPI sequence 
to be realised. This sequence showed promising results in term s of image contrast 
in a first in vivo experiment, especially in the prostate where the unweighted
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data  clearly allowed one to distinguish between the peripheral zone and central 
gland. However, the echo train  and thus echo time of the 2-segmented sequence 
was too long to have enough signal for diffusion-weighting. Another problem 
was tha t the prostate appeared distorted due to susceptibility artifacts caused by 
the adjacent rectum. Though, not a problem for quantitative DWI, th a t is, the 
calculation of an ADC map once the problem of low SNR is solved, this could still 
prove problematic if one wants to compare a ROI of da ta  acquired with different 
techniques.
For future work a steady-state SE-EPI sequence with a larger number of seg­
ments is suggested. This approach would reduce geometric distortions and in­
crease the available signal, hence SNR, due to a shortened echo train. The tech­
nique of sensitivity encoding (SENSE) first proposed in 1999 by Pruessm ann et 
ai [2 1 1 ] may also help to reduce the echo train  and would also lead to a corre­
sponding reduction in echo time. SENSE requires special receiver coils, which will 
become available with the implementation of a new 1.5 T Philips scanner a t the 
Royal Marsden Hospital. This scanner will also allow for faster gradient ramping 
and higher gradient strengths, thus the diffusion weighting time could be reduced, 
decreasing Te further and also lessen the motion sensitivity of the sequence.
W ith  th e  g iven  hardw are H A ST E  is th e  b est op tion  for p elv ic  D W -M R I
Four diffusion-weighted sequences have been compared and the pros and cons of 
the sequences weighed to determine the best sequence for pelvic quantitative DWI.
Burst, HASTE and PSIF have over EPI the advantage to produce images 
free from susceptibility and chemical shift artifacts and geometric distortions. 
However, with fat suppression and a multi-shot approach it would be possible to 
reduce an d /o r overcome these problems. The m ajor problem of the steady-state 
images, however, will be the very low SNR of the images. The implementation of 
a 4-shot or 8 -shot steady-state EPI sequence together with signal averaging, as 
proposed in the literature [23], should help to overcome the problem.
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W ith no need to re-load the sequence to acquire increasingly diffusion-weighted 
images HASTE is currently the fastest sequence with an actual acquisition time^ 
of approximately 45 s for four diffusion-weighted images plus one noise image. 
The drawback of all evaluated sequences is the low SNR of the images. HASTE 
together with DG-Burst gave the highest SNR measured for the unweighted image. 
In a relative comparison for the high b-value images, though, HASTE provided 
the better SNR as higher diffusion-weighted images acquired with Burst contained 
due to the longer Te mainly noise. For HASTE, to increase the SNR signal 
averaging would be recommended. Another problem of HASTE is th a t due to 
SAR lim itations the sequence can only be used for single-slice acquisition.
This may put DG-Burst, once the problems of motion and necessary T2 - 
correction of the data  are solved, into front position. The relatively long examina­
tion time of Burst could be used to acquire multiple slices w ithin one acquisition. 
Assuming the acquisition of nine increasingly diffusion-weighted images of fifteen 
slices would require 256 s with Burst, whereas HASTE would need approximately 
20 T  (5 X 9 X 15) =  695 s, th a t is nearly 3 times as long. The development of a 
multi-slice Burst-diffusion sequence is therefore recommended.
The PSIF sequence is a t the current stage probably least suitable for quanti­
tative DWI. The sequence is slower than  HASTE or EPI and the complex signal 
decay requires the acquisition of additional T2 and T\ data, which takes time and 
can give rise to artifacts.
 ^The actual acquisition time consists of a preparation period (sequence loading and transmit­
ter/receiver adjustments) and image acquisition time, Ta- For HASTE the preparation period 
was approximately 20 s and Ta 25 s .
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A ppendix A
Cancer Biology: An Overview
A . l  I n t r o d u c t i o n
Cancers can undoubtedly be called the plague of the 21^ century. In Western 
Europe and in the USA at least one in three persons will develop cancer and one 
in four men and one in five women will die from it.
One might think this much-feared disease is mainly caused by our modern, 
“first” world lifestyle, since industrial urban societies seem to be the victim of an 
epidemic of cancer and it is becoming commoner. However, this is only part of the 
tru th . Cancer was already well known in antiquity. It was known to the ancient 
Egyptians. Papyri dating back to 3000 to 2500 BC with clinical descriptions of 
cancers were found. In the antique Hellenistic society many forms of cancer were 
recognised and described. The word “carcinoma” for example was first used by 
H ippocrates (about 400 BC). But as most cancers develop late in life it wasn’t 
before the middle of the nineteenth century th a t it became increasingly a problem. 
W ith the invention of the steam engine by James W att (1763 - 1800) 250 years 
ago and the following industrial revolution lifestyle in the modern world changed 
and people lived longer. New discoveries in Medicine, immunisation programmes 
and improved medical care did their part to further increase expectation of life. In
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the decades to come this increased the proportion of older people a t risk d ram at­
ically and with it the number of deaths caused by diseases, such as cardiovascular 
disorders, in the past unknown to society. Heart and blood-circulatory problems 
are still the number one cause of death in our ageing population, but cancer is 
increasingly turning into a m ajor problem. Set in this perspective, prevention 
and control of cancers are becoming more and more of a vital issue. Both require 
detailed knowledge of the factors th a t cause cancers and more im portantly knowl­
edge of w hat cancers actually are. Interestingly enough, although cancers have 
been known for millennia, what cancers are was discovered only relatively recently. 
It was Johannes Mueller, a German microscopist, who made the m ajor discovery. 
He showed in 1838 th a t cancers were made up of cells. The origin of these cells 
however was still obscure and led to many theories. The first approach of scientist 
was to ask “Where do these cells come from?” . A quite persistent idea, for ex­
ample, was th a t cancer cells were derived from “embryonic rests” (residuals) and 
hence cancer is a consequence of embryonic development [2 1 2 ]. Then researchers 
changed their way of thinking and started  to ask for specific differences between 
cancer cells and normal cells. Questions such as “W hat are the differences between 
normal and cancerous cells?” and “W hat causes them ?” required answers.
Yet cancer research has an even wider significance. Cancers are not confined 
to humans and the higher mammals but may affect almost all multi-cellular or­
ganisms, plant as well as animal. Since it involves disturbances in cell growth 
and development, knowledge of the processes underlying the disease are essential. 
W hat is commonly known is th a t cancer usually appears as a swelling made up of 
a mass of cells known as tumour. The visible tumour, however, is the end result 
of a whole series of changes th a t precedes growth. Before these changes, which 
take place during tum our growth and development, can be discussed a certain un­
derstanding of both, the inner working and their social interactions in tissues of 
the healthy body is required. The following paragraph will therefore be dedicated 
to normal cells and tissue and the mechanisms th a t control their growth.
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Figure A.l: A typical tissue showing epithelial and mesenchymal components
(from [213], p.2).
A . 2  H e a l t h y  C e l l s  a n d  T i s s u e s
A .2.1 The Structure of Tissues
In the human body over 200 types of cells can be found. These are assembled 
into a variety of types of tissues and each tissue has its own specific cells, which 
m aintain its structure and function. These specific cells are usually grouped in 
organs and have a standard pattern  (Fig. A .l). There is a layer of epithelium, 
which is made up of cells specific for the tissue (Fig. A .2). It is separated from 
the general supporting tissue, collectively known as mesenchyme, by a basement 
membrane. The supporting tissues or stroma are made up of collagen fibres (con­
nective tissue) and fibroblasts, which may be supported on a layer of muscle 
and /o r bone depending on the organ (Fig. A.3). Blood vessels, lym phatic vessels 
and nerves pass through the connective tissue and provide nutrients and nervous 
control for the specific tissue cells.
A .2.2 The Cell Cycle
Cells reproduce by duplicating their contents and then dividing into two. The 
details of the cell cycle may vary from species to species but certain requirements 
are universal. In all cases four stages or successive phases can be distinguished:
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Figure A.2: Epithelial cells form coherent sheets called epithelia which line the inner 
and outer surfaces of the body. The figure shows three specialised types. Absorptive 
cells have m a n y  hair-like microvilli to increase the area of absorption. Ciliated cells 
have cilia on their surface to beat in synchrony to move substances over the epithelial 
sheet and secretory cells, found in most epithelial layers, secrete substances onto the 
surface of the cell sheet (adapted from [214])
Elaslin
C ollagen
F ib ro b la s t in loose 
connective tissue
Figure A.3: Connective tissue: The spaces between organs and tissues in the body are 
filled with connective tissue made of a network of tough protein fibres (collagen and 
elastin) embedded in a polysaccaride gel. This extra-cellular matrix is secreted mainly 
by fibroblasts (from [214]
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Figure A.4: The four successive phases of a standard somatic cell cycle (from [214], 
p.865).
G\ — S  — G2 — M  (Fig. A.4). The first three phases are known as the interphase. 
During this phase the cell grows continuously. During the M  phase or mitotic 
phase it divides.
The replication of nuclear DNA (deoxyribonucleic acid), the carrier of genetic 
information happens in the S phase of the cell cycle, where S  stands for synthesis. 
It occupies only a small portion of the interphase. The interval between the 
completion of mitosis and the beginning of DNA synthesis is called the G\ phase. 
It is a pause or gap after a stimulus, which caused the cell to  s ta rt to grow, 
was set. Little seems to happen overtly a t this stage, although much biochemical 
activity takes place. The interval between the end of DNA replication and mitosis 
is the so-called G 2 phase, a second gap period. Gi and G 2 provide additional 
time for growth. The M  phase now indicates the stage of mitosis in which the 
nucleus breaks down to form chromosomes. In normal cells these separate into
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two identical groups, nuclear membranes reform about each group and the whole 
cell divides into two identical cells.
The cell-division cycle here explained is the fundamental way by which all 
living things are grown. In unicellular species, such as bacteria, each cell division 
produces an additional organism. In multi-cellular species many rounds of cell 
division are needed to make a new individual and cell division is needed in the 
adult body too, to replace cells th a t are worn out or were lost by programmed 
cell death. The adult human must produce many millions of new cells per second 
simply to m aintain the status quo and if cell division is halted, for example, due 
to a large dose of ionising radiation, the individual will die within a few days. 
This is an im portant fact in the context of cancer and is used for the treatm ent 
of this disease (see Paragraph A.5.2).
A .2.3 Cell Growth: Balance of Proliferation, Differentia­
tion and Death
Very precise mechanisms allow individual organs to reach a fixed size, which 
is under no circumstances exceeded. In the case a tissue is injured, the surviving 
cells begin to grow and replace damaged cells. Upon completion the process 
stops. This normal growth controlling mechanism persists throughout life. In a 
normal, healthy tissue, cell number remains constant because of a balance between 
proliferation, differentiation and cell death.
Proliferation
Proliferation happens through the previously described cell cycle and is regu­
lated via several checkpoints throughout the cycle. Three main checkpoints have 
been identified, one in each of the following three phases. Checkpoints in Gi, G 2 
and M  must be overcome for accurate cell reproduction. The G\ checkpoint is 
the focus of negative and positive extra-cellular signals and it ensures two func­
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tions: (i) Adequate machinery for future events, which means the take-over of Rb 
(retinoblastom a protein) inhibition resulting in protein synthesis. W ithout this, 
hypophosphorylated Rb would block the transit through this regulation point,
(ii) Accurate transmission of genetic information, which is m aintained by three 
mechanisms for detecting and eliminating damaged DNA. Cells have a delay pro­
cess mediated by the p53 repressor protein, which is activated when damaged 
DNA is detected. Cells with non-repairable DNA are killed. At G 2 damaged cells 
th a t may have escaped the control a t G\ or cells which have not accurately dupli­
cated their DNA are eliminated. The spindle assembly checkpoint in the M  phase 
monitors accurate chromosome alignment and the division into the two daughter 
cells.
Cell Death
Cell death is a normal process and serves two functions: Tissue remodelling 
and removal of damaged cells, which might otherwise harm  the rest of the body. 
Although efficient DNA repair mechanisms exist, these are not completely effec­
tive. To prevent unwanted consequences, cells have the ability to  detect such 
defects and to commit suicide. Two types of cell death can be distinguished: 
Necrosis and apoptosis. Necrotic cell death is passive (and usually does not occur 
in healthy cells) whereas apoptotic or programmed cell death requires as the name 
already suggests some sort of macromolecular synthesis, in particular mRNA and 
protein synthesis. Apoptosis is a normal process involved in any situation needing 
tissue remodelling. If a growth stimulus is set, either for repair or because extra 
work is required from a particular organ, the number of cells in th a t region is 
increased, after the stimulus is removed the situation returns to the status quo. 
Cell death by apoptosis is increased until this state  is reached. Hence, cells must 
have the ability to co-ordinate proliferation and apoptosis in response to external 
stimuli. This occurs in both, in normal cells and in cancer cells, but as will be seen 
later, in many cancer cells the gene changes lead to decreased apoptotic death.
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Putting Things Together: Proliferation, Apoptosis and DNA Repair
In healthy tissues the three processes of proliferation, programmed cell death 
and DNA repair are in equilibrium and m aintain a steady-state level of healthy 
cells. However DNA is constantly being damaged, also in normal tissues. It can 
either be repaired or, if the damage is too extensive, cells enter the apoptotic 
pathway and die. For repair to take place, proliferation is stopped to ensure 
the damage is not copied to daughter cells. If repair is successful, additional 
cells are not required and apoptosis ensures th a t a steady-state mass of cells is 
maintained. Molecular mechanisms make sure tha t the equilibrium is not altered. 
If the number of cells in a tissue is increased by altering the control of proliferation, 
death or both, then hyperplasia or benign tum ours will result but not a malignant 
cancer capable of invasion.
W hat has to  happen th a t growth control stops to function and normal cell 
growth gets out of hand?
A . 3  T h e  N a t u r a l  H i s t o r y  o f  C a n c e r
In an analogy the human body can be seen as a society or ecosystem [214] 
whose individual members are cells, reproducing by cell division and organised 
into collaborative assemblies or tissues as discussed in the previous paragraph. In 
an earlier discussion cell births, the preservation of population sizes and cell deaths 
were contemplated. An ecologist would look at an ecosystem in a quite similar 
way. However one ecologically im portant topic has not been mentioned: natural 
selection. The reason is th a t the healthy body is in this respect a very special 
society. Com petition between individual cells does not exist, it is collaboration 
th a t counts. Any m utation th a t would give rise to selfish behaviour by individual 
members of the collective would put the future of the whole system at risk and 
is not allowed. This however holds only as long as the body is healthy. W hat 
happens if th a t for any reason changes?
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A .3.1 The Generation of Cancer
Carcinogenesis, the production of a cancer is a multistage process. The appli­
cation of one cancer-producing agent or carcinogen however does not lead to the 
immediate production of a tumour. As a first step in a whole series of changes 
‘in itiation’ of the cells has to take place. It is the prim ary and essential step in 
the process and happens very rapidly. But once the initial change has taken place 
the initiated cells may persist for a considerable time, perhaps the life span of the 
individual. The most likely site for the prim ary event is the DNA, the genetic 
material. The carcinogen is thought to damage or destroy specific genes probably 
in the stem cell population of the tissue involved [215]. The initiated cells then 
remain latent until they are acted upon by prom oting agents. Many of these 
‘transform ed’ cells may not grow at all or grow very slowly. It is a t this stage th a t 
the influence of growth appears.
Full understanding of the changes in the cell cycle th a t have to take place 
so th a t m utated, abnormal cells are not eliminated and begin to grow, however, 
requires detailed knowledge of the biology and biochemistry of the cell and its 
surrounding environment. Only a brief phenomenological explanation will be 
given here.
Proliferation of Cancer Cells
By some rather complicated means cancer cells can a tta in  a degree of auton­
omy from external regulatory signals, which makes them  less subject to extra­
cellular influences than  normal cells. This means they have a decreased require­
ment for growth-stim ulatory factors and a diminished sensitivity to inhibitory sig­
nals provided by adjacent cells and the extra-cellular m atrix. These stim ulatory 
and inhibitory extra-cellular stimuli are recognised by receptors and passed on to 
the nucleus by complex multiple pathways with extensive crosstalk between indi­
vidual pathways. The altered transcriptional activity has the directive to obtain
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a growth advantage over adjacent cells. This can be achieved by increasing the 
efficiency of the intracellular machinery focusing on proliferation and producing 
growth factors. In addition proteases are produced th a t aid invasion.
Cell Death and Cancer
Although cancer cells seem to grow uncontrollably, they have still the ability to 
co-ordinate proliferation and apoptosis in response to external stimuli. However 
in many cancers the gene changes lead to decreased apoptotic death, which in 
tu rn  leads to a further increase in cell numbers. In tumours apoptosis is still a 
m ajor determ inant of size. The volume of regressing tum ours can decrease by 
about 25% in one day [216]. But apoptosis is not confined to regressing tumours, 
it is rather a balance between proliferation and death th a t determines whether a 
cancer gets bigger or smaller. Apoptosis is also im portant in determining response 
to treatm ent like chemo- and radiotherapy.
While apoptosis occurs in healthy and cancer cells, necrosis, the second form 
of cell death, usually only occurs in cancers. It is commonly seen in the central 
area of solid tumours. The reason is poor nutrient supply leading to disruption 
of energy-dependent, membrane-mediated ion channels. Supply of nutrients takes 
place through the blood stream. Tumours growing around blood vessels therefore 
exhibit a progressive decrease in proliferation the further away they are from the 
vessel. At 200 fim  the cells are static and necrosis develops. This link between 
blood supply and tum our growth can also be seen in very early stages of cancer 
growth and during metastasis.
A .3.2 Tumour Growth
Cancer cells are defined by two heritable properties: (i) They reproduce in 
defiance of the normal restraints and (ii) invade and colonise territories normally 
reserved for other cells. An isolated abnormal cell would not do much harm.
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however if its proliferation gets out of control it will give rise to a tum our or 
neoplasm. Depending on its grow th-pattern three main groups of tum ours can be 
distinguished:
(i) Benign tum ours can arise in any tissue. They grow locally, cause damage only 
by applying pressure to surrounding healthy tissue or obstructing other tissue and 
they do not spread.
(ii) In  situ tum ours develop in the epithelium. The usually small cells have the 
morphological appearance of cancer cells but remain in the epithelial layer. They 
do not invade the basement membrane or the mesenchyme. Theoretically cancers 
in situ may also arise in any of the other tissues but have not been recognised yet.
(iii) Cancers are fully developed (malignant) tum ours with the capacity to invade 
and destroy the underlying mesenchyme. The tum our cells need nutrients th a t 
are provided through the blood stream in normal tissues. Some tum our cells have 
shown the ability to promote the growth of blood vessels into the tum our itself, 
thus allowing continuous growth to occur. Invading tum our cells may penetrate 
these newly formed blood vessels and tum our fragments may be carried in the 
blood stream  to local lymph nodes or even to distant organs. There they may 
produce secondary tumours, so-called métastasés.
A .3.3 Tumour Progression
Depending on the specific genes th a t have been altered during ‘in itiation’, 
the resulting tum our cells will differ greatly from each other and this even if the 
changes take place in the same organ. Two extremes can be found. On one hand, 
if only ‘transform ing’ sites have been altered the resulting tum our cells will retain 
much of the normal differentiated structure and function of cell. On the other 
hand, if more severely damaged, the cell will have lost all normal properties. This 
is what is called dedifferentiation or anaplasia.
Tumours can be graded by their degree of structural dedifferentiation. As
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a rule, there is an approxim ate correlation between tum our grade and growth 
rate. The most differentiated tumours (grade I) tend to be more slowly growing, 
whereas the most anaplastic tum ours (grade III or IV) are more rapidly growing.
However tum our growth is also influenced by factors other than tum our struc­
ture, such as the patien t’s own defence mechanisms. The assessment of tum our 
grade is based only on alterations in structure and these are not invariably related 
to changes in function. Another problem is th a t in general tum ours are not ho­
mogeneous, some may contain areas with more than  one tum our grade, making 
tum our grading very difficult.
By the tim e a tum our is detectable clinically it has been present for a long 
time, cells have had to go through a large number of cell divisions. For example a 
tum our of 0.5 cm diam eter, which is just detectable, may contain over 500 million 
cells, usually of mixed population. They may differ in structure, function, growth 
potential, resistance to  drugs or X-rays. Early detection and diagnosis of cancers 
is therefore very im portant, especially in terms of treatm ent modalities. Different 
cancers will need different treatm ents and treatm ents will vary for different tum our 
grades.
A . 4  T u m o u r  N o m e n c l a t u r e  a n d  S t a g i n g  
A .4.1 W hat are Rectal Adenocarcinomas?
Before discussing diagnosis and treatm ent of cancer, a few words need to be 
spend on the naming of tumours. They describe the type of tum our cell and 
the extent of spread, factors tha t are essential for treatm ent planning, and, thus 
very im portant to the clinician, although, for the non-clinician the names given 
to tum ours may seem to be rather confusing. But there is a simple, logical basis 
to tum our nomenclature as the following example will show.
Tumours are described by a generic name, which specifies the general tissue
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of origin and whether the tum our is benign or malignant. This generic name is 
qualified by the specific tissue of origin, for example kidney or breast, and this 
too may be qualified by further terms describing the cell of origin.
Tum ours o f th e  E p ith eliu m
Benign tumours of the epithelium are usually described by their growth pattern  
and tissue of origin. Benign tumours of skin may be solid or papillary and benign 
tum ours of the glandular tissues, which are called adenoma, may be solid or 
papillary as well.
The generic name given to malignant tumours of the epithelium is carcinoma, 
for example carcinoma of the skin. The common skin carcinomas may arise from 
differentiated squamous cells or from the less differentiated basal cells. Thus, skin 
carcinomas may be described as squamous cell carcinomas or basal cell carcino­
mas. Furtherm ore they may grow as flat (sessile) plaques or as warty (papillary) 
outgrows. So a tum our may, for example, be described as a papillary squamous 
cell carcinoma of skin. The grade and extent of invasion may also be specified.
Malignant tum ours of glandular tissues are also carcinomas, but are some­
times referred to as adenocarcinomas. As with skin tum ours, the cell type can 
be described and if the cell of origin is known, this can be added too. The gross 
pattern  of growth and the extent of spread can also be defined. They have a wider 
range of cellular patterns than tumours covering the epithelium, which may be 
described as well.
T um ours o f th e  M esenchym e
Benign tumours of the mesenchyme are described by the cellular tissue from 
which they arise. Some examples are osteomas (tum ours of bone) and angiomas 
(tum ours of blood vessels).
Malignant tumours of mesenchyme have the generic name sarcoma, and, as
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with carcinomas they are qualified by their cell of origin and their growth pattern. 
Thus, a m alignant tum our of bone cells is called osteosarcoma and tum ours derived 
from blood vessels are angiosarcomas and so on.
Tum ours o f  th e  R ed icu loen d oth elia l
This is a more complicated group of tumours. Benign tumours of the redi- 
coluendothelial system do occur, but since the tumours my affect the whole sys­
tem which is widely distributed throughout the body, it is difficult to distinguish 
between a m alignant tum our th a t has spread and a benign tum our th a t has orig­
inated in several sites.
Malignant tumours may arise from any of the cells of the rediculoendothelial 
system, but tum ours can be divided into two main groups, leukaemia and lym­
phomas. The first arise from blood-forming cells in the bone marrow and pass 
into the blood stream  in the same way as normal blood cells. The second are solid 
tumours and their identification depends on the cell from which they are derived 
and the function th a t they still express.
Tum ours o f  th e  N ervou s S y stem
Both, benign and malignant tum ours arise, but malignant tum ours hardly 
ever spread outside the brain or spinal cord. Again, names are given according 
the tissue th a t is affected, for example astrocytomas arise from the supporting 
cells or astrocytes and it meningiomas stem from the coverings of the brain the 
meninges. As with other tum ours these may be graded by assessing the degree of 
differentiation.
So to answer the question “W hat are rectal adenocarcinomas?” , it should be 
clear now th a t these are malignant tumours of glandular tissue of the rectum.
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Figure A.5: The layers of the colon wall (from [217]).
A .4.2 W hat are T 3 /T 4  Tumours?
Tumour staging is used to give an assessment of the extent of spread of tu ­
mours. Several staging systems have been devised for different tum our types, 
but the main international classification is the TN M  system. Generally speaking, 
it comprises an assessment of the size of the prim ary tum our (T), the regional 
lymph nodes (N) and the absence or presence of distant m étastasés (M). Each 
of these categories is qualified by a number, which indicates the precise extent of 
involvement according to clearly defined criteria.
Thus, the T categories of colorectal cancer, for example, describe the extent of 
spread through the layers th a t form the wall of the colon and rectum  (Fig. A.5). 
A T l cancer is a tum our th a t extends into the submucosa. A T2 cancer has grown 
into the next layer, the muscularis propria. A T3 cancer is a tum our th a t has 
grown completely through the muscularis propria and has spread to the subserosa 
but not to any neighbouring organs or tissues. A T4 cancer has spread completely 
through the wall of the colon or rectum into nearby tissues or organs.
The detailed information from the T, N and M categories is combined to de­
term ine the stage of a cancer as illustrated in Table A .l. Patients with stage I and 
II tum ours are deemed operable and are treated by surgery an d /o r radiotherapy. 
Stage III cancers are inoperable but can be encompassed by a radiotherapy field.
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Patients with stage IV carcinomas are almost invariable incurable and receive 
appropriate palliative treatm ent.
Stage C lin ical m an ifestation
I small localised tum our
II spread to local lymph nodes
III large local tum our and /or
spread to further lymph nodes
IV presence of distant métastasés
Table A.l: Tumour stages given by the TNM system according to Pranks and Te- 
ich [213].
A .5 Diagnosis and Treatment of Cancer
Most cancer patients seek medical help because of symptoms arising directly 
or indirectly from local tum ours or métastasés. Many symptoms may result from 
non-malignant causes but might be signals to the clinician th a t further investiga­
tion is needed and may sometimes lead to the early diagnosis of cancer. The later 
a cancer is diagnosed the more difficult it is to trea t a patient and the higher is 
the chance th a t the tum our has spread and formed m étastasés in distant organs, 
which may reduce the survival chance of the patient considerably.
A .5.1 Diagnosing Cancer
Depending on the type of cancer different clinical examinations allow a di­
agnosis of cancer to be made. Cancers of the tongue, skin or breast may be 
detected simply by inspection. Certain other cancers, particularly those arising 
in the pelvis, such as prostate or rectal cancers, may be detected by internal 
digital examination. For other internal organs, like the bladder, cancers may
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be detected endoscopically. More deeply located organs may require a variety 
of imaging techniques before they can be dem onstrated. These include radiog­
raphy (X-ray), computed tomography (CT), ultrasound (US), positron emission 
tomography (PET) and magnetic resonance imaging (MRI).
However, before treatm ent can be started  it is essential th a t a cellular diagno­
sis is made. W ithout knowledge of the degree of malignancy, the detected tum our 
might even be benign, rational treatm ent cannot be planned nor can a meaningful 
prognosis be given. Despite these facts no absolute m ethods for diagnosing and 
assessing the degree of malignancy of tum ours exist to this day [213]. Although 
many laboratories are trying to establish methods for doing this, none are entirely 
satisfactory. Microscopic examination of tissue is still the most reliable m ethod for 
routine use. For practical purposes the two techniques used are tum our grading 
and tum our staging. The first attem pts to measure the degree of de-differentiation 
in tum ours based on histological and cytological criteria, whereas the second as­
sesses the extent of spread of tumours. One of the reasons, why it is so difficult 
to find absolute markers of malignancy, is th a t carcinogenesis is a m ultistage pro­
cess. One should ideally have markers for each stage of process. But apart from 
histology we do not have such markers.
A .5.2 Treating Cancer
W ithout question the best form of treatm ent is prevention and ideas along 
this line are put into action with initiatives such as anti-smoking campaigns and 
promotion of a healthy lifestyle. The next best approach is early detection of 
cancer. The smaller and less malignant the nature of cancer cells is, the greater 
is the possibility of a cure.
Cancer treatm ent is based on the removal and /o r killing of tum our cells while 
minimising unwanted side effects on normal cells. Surgery is often the first line of 
attack and has been used for treating localised cancers for more than  a century, 
but it is increasingly becoming practice to give additional (adjuvant) medical
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treatm ent a t first time of detection as well. Medical rather than surgical modalities 
are used when a tum our is inaccessible or métastasés have already formed and 
their site is unknown. The m ajority of medical treatm ents are based on inhibiting 
cell proliferation (chemotherapy), whilst targeted ionising radiation (X-rays or 
gamma rays) can be effective in some cases too (radiotherapy).
C lassical Surgery and Laser Surgery
Surgery The aim of surgical treatm ent is to remove the whole tum our together 
with surrounding lymphatics and lymph nodes. In this way it is hoped th a t the 
entire tum our-bearing field can be removed. Even if some cells remain, elimination 
of a large part of the tum our means th a t subsequent drug treatm ent is more likely 
to be successful. However estim ates show th a t about 70% of cancers have a t first 
detection already spread to distant parts of the body and are therefore not open 
to surgical removal. Treatm ent options for killing these secondary tum ours are 
chemotherapy and radiotherapy.
Laser T reatm en t A relatively new form of surgery is using lasers for removal 
of abnormal tissues.
From a biological standpoint many different effects can by observed when 
light interacts with tissue. For an easier classification usually three categories 
of laser-tissue-interaction are distinguished. These are the groups of photochem­
ical, photomechanical and phototherm al processes [218]. The division depends 
mainly on a phenomenological classification of the observed effects. Im portant 
in this context are the applied power- or energy density, the photon energy, i.e. 
wavelength, of the laser and the time during which the laser is applied. For the 
surgical treatm ent of cancer effects of all three categories can be useful. A few 
should be mentioned here. Ablation, a photomechanical effect, can be used to 
remove unwanted tissue producing with vaporisation of tissue water a cut around 
the cancer. It is used to destroy tum ours in the oesophagus or colon [213]. The
A.5. DIAGNOSIS AND TREATM ENT OF GANGER 257
phototherm al effect can be used to destroy m etastasis in the liver, so avoiding the 
m ajor morbidity th a t can occur after hepatic surgery.
Furthermore lasers are used in photodynamic therapy, whereby a photosensi- 
tising agent is bound to a tumour-specific marker and the light em itted by a laser 
used activate the drug, which as a consequence selectively destroys the malignant 
tissue. Tumours in the epithelium of the bladder for example can be treated in 
this way.
C hem oth erapy
Compared to the other two standard forms of therapy, surgery and radiation 
therapy, chemotherapy is a relatively new form of cancer treatm ent. Surgery 
has been used for treating the disease since more than  hundred years and ra­
diotherapy was used twenty-five years before the first chemotherapy was given. 
Nowadays chemotherapy is the main drug treatm ent a t all stages of cancer devel­
opment. Chemicals are used to disrupt the cell cycle. RNA, DNA and proteins 
in the tum our cells are the main targets of the therapy. Usually, different drug 
combinations are given to increase the likelihood th a t one drug will be effective 
on all cancer cells throughout treatm ent, because the m ajor problem with these 
abnormal cells is th a t they easily develop resistance [216].
Another problem with chemotherapy is th a t many drugs are themselves car­
cinogenic and secondary cancers may appear several years after successful trea t­
ment of the prim ary tum our [216].
R ad ioth erap y
The idea behind radiotherapy is th a t any form of ionising radiation causes 
damage to DNA and, provided the damage is extensive, kills the affected cells.
In recent years a great change in both medical and patient a ttitu d e  towards 
radiation therapy could be observed. Originally this form of treatm ent was re­
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garded as palliative for inoperable or incurable cases of cancer, now it is partner of 
surgery and even partially replaces it in the curative treatm ent of skin carcinoma, 
cancers of the larynx, breast and cervix [213]. W ith new techniques available 
the radiation can be delivered more accurately to the cancer, so minimising the 
damage to  surrounding normal tissue. The main techniques for delivering radio­
therapy are external and interstitial application. Externally, low-energy X-rays 
or gamma rays from a cobalt source are used for treating superficial lesions such 
as basal cell carcinomas. W ith high-energy radiation, deep-lying cancers such as 
prostate tum ours are treated. Interstitial radiation gives a high local dose to the 
tum our from sources such as radium, iridium and caesium. These are produced 
in form of needles or wires, which are then implanted in or around the cancer. 
This form of treatm ent is widely used for cancers of the head and neck to give a 
high local dose to the tum our without irradiating sensitive organs such as the eye 
or the spinal cord.
The mechanism of how radiotherapy works is not completely understood yet. 
W hat is known is th a t ionising radiation can cause cancer and it can cure cancer. 
The energy is large enough to break chemical bonds. Although many molecules 
are affected in this way, water and DNA are the principal compounds involved 
as far as cancer formation and treatm ent is concerned. The energy released by 
radiation produces electrons as it passes through water, which in turn  generate 
highly reactive free radicals. These have the ability to oxidise nucleic acids, pro­
teins and lipids. In this way they generate structural alterations in DNA and 
they decrease DNA repair mechanisms. Ionising radiation causes mainly single- 
and double-strand breaks of the DNA resulting in chromosome damage involving 
deletions and rearrangem ents and as a consequence, when the damage is exten­
sive enough, cell death. In other cases, if damage isn’t tha t widespread DNA has 
the ability for repair and return to normal, or to misread the modified bases at 
the next round of DNA synthesis, which will lead to cell mutations. In this case 
cancer can develop. In radiotherapy the damage is so enormous th a t the cancer 
cells die. Treatm ent is most effective when the cells are irradiated during their
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most vulnerable phase of the cell cycle, the synthesis of DNA. As cells will be in 
different stages of the cycle a t a given moment the therapy is therefore repeated 
over several days.
P ro sp ect o f N ew  Form s o f  T reatm ent
Surgical removal and radiotherapy remain the m ajor treatm ents for solid tu ­
mours, although chemotherapy plays an increasingly im portant role. Newer phys­
ical methods of imaging, employing CT, angiography, P E T  and MRI are proving 
more and more im portant, not only for diagnosis but also for the planning of 
conformai radiotherapy. O ther forms of treatm ent, which might become of great 
interest but are still in an early stage of development and evaluation include im­
m unotherapy and “gene” therapy [213].
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